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“Nature does not hurry, yet everything is accomplished.”

— Lao Tzu



Abstract

Therapeutic interventions based on thermal ablation are commonly employed med-

ical procedures for annihilating malignant tumors and treating other disorders that

require selective tissue targeting. Although thermal ablation presents important ad-

vantages with respect to alternative therapeutic options, the lack of haptic feedback

during ablative treatments remains a major drawback. As a consequence, clinical in-

terventions commonly result in a high number of undesired outcomes, excessive col-

lateral damage to healthy tissues or ineffective treatments that need to be repeated.

In this thesis, we investigate on the feasibility of using optoacoustics, a fast grow-

ing biomedical imaging and sensing modality, to provide real-time feedback during

thermal ablation and to assess the outcome of these procedures. In this context,

two types of ablation treatments were studied, namely laser surgery, aimed to gener-

ate incisions replacing traditional scalpels, and thermal therapies using a variety of

energy sources, such as photothermal, focused ultrasound and radiofrequency cur-

rent. Mathematical models of thermal diffusion as well as new hardware configura-

tions based on air-coupled transducers and radio-frequency catheters were further

developed in order to fully exploit the optoacoustic monitoring capabilities. The ex-

perimental results demonstrate the powerful performance of optoacoustics as a real-

time feedback tool providing quantitative readings of the critical ablation parameters

during thermal ablation procedures. Current limitations of the developed monitor-

ing approaches are discussed and potential technological improvements are laid out.
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Chapter 0

Summary

Motivation and Objectives

Thermal therapies are widely employed in clinical practice, from selective ablation of

cancerous tissues, benign hyperplasias and varicose veins to elimination of subcu-

taneous fat, cardiac arrhythmias and enhanced drug delivery. Several sources have

been considered for tissue heating such as laser light, focused ultrasound (US) and

radio-frequency (RF) current.

Most current ablation treatments are tracked via monitoring of indirect parameters

associated to the ablation procedure, such as output power, maximum surface tem-

perature or total treatment duration. The lack of reliable feedback during the inter-

vention generally leads to treatment and post-treatment performances built on the

skills of the physician. Ablation size can then be over or under estimated, result-

ing on either insufficient tissue coagulation or undesired damage to healthy tissue.

For example, laser surgery has emerged as an advantageous alternative to scalpel-

based procedures as it enables minimally invasive interventions with less collateral

damage. However, the lack of haptic feedback and real-time control over the lesion

profile limit the applications and broad use of this approach.

1
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The goal of this thesis is to investigate on the capabilities of optoacoustic/photoa-

coustic (OA) imaging and sensing methods as a monitoring approach for different

types of ablation procedures. In this context, we focus on the following objectives

1. To study of the feasibility of noncontact monitoring of incision depth in laser

surgery.

2. To develop new algorithms to compute volumetrically the temperature distri-

bution in real-time from temperature-induced OA signal increases.

3. To quantitatively assess thermal treatment procedures, e.g. by imaging or mon-

itoring the lesion, incision or temperature maps generated using radio-frequency

ablation and medium intensity focused ultrasound.

Outline

The thesis is organized as follows. Chapter I begins with a description of the mech-

anisms of ablation during thermal treatments, explaining the effects of temperature

in biological tissues. The limitations of current monitoring approaches for differ-

ent thermal ablation processes are described. Subsequently, the OA effect and the

tissue parameters involved are described to establish the mathematical background

of OA imaging. The OA equation is introduced, its solution is derived and recon-

struction strategies are discussed. The spectral capabilities of OA imaging in current

biomedical imaging are also outlined. Moreover, the basics of ultrasound (US) detec-

tion and the main image formation approaches are described. Particularly, recently-

developed real-time OA imaging systems used in this thesis are introduced. These

systems capitalize on the rapid development of acoustic detection transducers, laser

technology as well as Graphics processing units (GPU) architectures to provide pre-

viously unachievable imaging capabilities.

Chapter II details the methodology followed in the thesis for the application of OA

imaging in ablation treatments monitoring. First, an overall description of the OA

capabilities for thermal ablation monitoring is provided. Subsequently, details on
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the use of a focused high-intensity pulsed laser for the generation of shockwaves

that retrieve the incision profile depth are provided. Shockwaves have much higher

intensity than OA waves, but both have in common being generated with a short-

pulsed laser. The next sections encompass the use of OA contrast for thermal abla-

tion monitoring and the previously suggested temperature monitoring techniques.

The capabilities of OA to become a temperature monitoring tool are also described.

This is followed by empirical calibration results that enable rendering volumetric op-

toacoustic monitoring of temperature during photothermal therapy with the intro-

duced approach. The limitations of state-of-the-art methods are further discussed.

Chapter II ends by focusing on the development of a real-time coagulation trigger

technique that can advance deep early coagulation detection by means of OA tomo-

graphic imaging.

Chapter III is dedicated to the presentation of the information sheet and manuscripts

corresponding to the peer-reviewed journal publications published during the the-

sis. Chapter IV provides final remarks, future research directions and conclusions of

the thesis.
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Chapter 1

Background

1.1 Thermal Ablation Treatments

Thermal ablation therapies have been widely employed in general clinical practices

for applications ranging from targeted ablation of unwanted tumoral tissue, benign

hyperplasias and varicose vasculature to subcutaneous fat removal, cardiac arrhyth-

mias and enhanced drug delivery [1–6]. Thermal ablation, namely thermotherapy, is

the use of heat energy with therapeutic purposes. The heat generation process can

be induced by several heat sources including laser light (LITT) [7, 8], high intensity

focused ultrasound (HIFU) [9], radio-frequency electrical energy (RF) [10] and mi-

crowave radiation [11]. The energy source is then applied in the undesired tissue

volume, after an initial temperature rise of the surrounding tissue, cell denaturation

drives coagulation and with further exposure carbonization and tissue removal levels

are achieved.

The ablative capability of heat treatments has been increasingly applied in a wide

range fields with therapeutic purposes such as oncology, ophthalmology and cardi-

ology. The most widely used thermal ablation technique is Radio Frequency Abla-

tion (RFA). RFA is based on the insertion in the tumor of a needle like catheter. The

catheter is connected to a RF current generator and the return circuitry is typically

1



Chapter 1. Background 2

arranged with the placement of a ground pad attached to the leg of the patient. Abla-

tive current applications involve the generation of heat by the flow of an alternative

current through the tissue targeted for ablation. Currently, high frequency alternat-

ing current (350-500 kHz) RF ablation is preferred over previously used low frequency

AC or DC pulses, the benefit is found in a lack of electrical muscle tissue stimulation

for cardiac applications where hence general anesthesia is not required.

Figure 1.1 depicts clinical application of radio-frequency thermal ablation. In order

to be therapeutically effective, the thermal ablation must be performed in a volume

confined to the targeted region so that undesired tissue damage is avoided. The tar-

geting of a tumor remains as a challenging task to achieve since the optimal lesion

geometries vary with different ailments. After the exact volume of ablation is tar-

geted, electric current is conducted through an electrode at the catheter tip.

FIGURE 1.1: Clinical setup of radio-frequency thermal ablation being monitored
with pulse-echo ultrasound. Multi-tine catheter tip is positioned in the targeted tis-

sue volume.Image courtesy of Mallinckrodt Institute of Radiology. ©

Specifically in some thermal RFA applications, such as liver ablation, the ablation

electrode has a multi-tine tip geometry for a better electrical energy deposition in the

tumor vicinity as the detail shows in Figure 1.1 In RFA ablation the electrical current,

https://www.mattgrahammd.com/thermal-ablation-cancer
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by means of the Joule effect, leads to resistive heating of the tissue sample and conse-

quently temperature rises that drive coagulation and irreversible tissue denaturation

effects. The contact area at the ablative catheter tip is relatively smaller to that of the

ground pad, therefore the current density is bigger in the electrode and tumor spot.

Thermal ablation is consequently delivered in the vicinity of the catheter tip, yielding

typically lesion profiles of several millimeters.

Currently the most commonly used thermal techniques, and the main focus of this

thesis, are laser ablation or laser induced thermotherapy (LITT), high focused ultra-

sound (HIFU) and radiofrequency ablation (RFA).

1.2 Effects of Temperature on Biological Tissue

The application of continuous heating during thermal ablation procedures leads to

tissue denaturation and eventually coagulation, carbonization and removal of the

ablated tissue volume. Minimally invasive thermal therapy has been explored as a

means of treating small solid tumors [12]. It involves heating the target tissue to tem-

peratures between 50°C and 95°C for several minutes which results in coagulative

necrosis. This is differentiated from hyperthermia, which involves lower tempera-

ture applications ranging between 40° to 45°C, and it involves longer and multiple

thermal dosages as well as in conjunction with the use of multi-fractioned radiation

or chemotherapy.
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FIGURE 1.2: Thermal effects in tissue as a function of temperature and exposure
time [132]. As the temperature decreases, the exposure time needed to achieve ther-
mal necrosis increases exponentially. Temperature and exposure times generally
used for both local hyperthermia and thermal ablation are marked. Tissue water

boils above the threshold of 100 °C regardless of the exposure time.©

Body temperatures are typically found at 37 °C, approximately for the first 1.5 °C

or so of heating few irreversible alterations take place. At 41 °C a range of effects,

namely hyperthermia starts. Cell proteins, both membrane and cytoplasmic pro-

teins, begin to undergo structural changes. They change conformation because the

hydrogen bonds keeping them in their native state are broken down by the increasing

collisional energy of the molecules as the temperature increases. When a molecule

suffers shape changes it is no longer fully operational and able to achieve its func-

tion within the cell. For example, when enzymes, whose catalytic functions depend

crucially on their shape, start to deform, reaction rates within cells slow down. Even

at small increases in temperature some cells will die because of these effects. The

rate at which cell necrosis occurs, namely apoptosis, increases with the temperature.

From 45 °C the collagen fibers forming the extracellular matrix (ECM) begin to shrink

as the trihelical structure of the collagen breaks apart. The optical scattering in the

tissue increases, it whitens if we think of frying a chicken breast, then the collagen

softens and gelatinizes (gelatin). Tissue begins to coagulate and blood starts to clot

https://d3nqfeqdtaoni.cloudfront.net/images/pdf/Bioeffects_Paper_July_2015.pdf
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[13]. In many clinical applications tissue is regarded as fully coagulated when heated

at a transient temperature of 43 °C for a time span of 240 min [14]. Previous studies

have noted that for each temperature exposure degree increase above 43 °C, there is a

two-fold drop in the exposure time required to achieve the same biological denatura-

tion effect [15]. Consequently, at temperatures above 50 °C the biological tissue will

be fully coagulated in few seconds. Herein, when monitoring ablation treatments,

50 °C is widely accepted as a critical temperature threshold above which biological

tissue can be regarded as necrosed and fully coagulated defining the lesion volume.

In order to avoid charring and micro-explosions it is necessary to control the tissue

temperature not to go above 100 °C, exceeding that temperature the water in the cells

and extracellular fluid boils, which leads to the formation of steam bubbles and can

result in carbonization. The huge volume expansion as the water transitions phase,

vaporizes, can lead to tissue being expelled from the tissue sample surface. Once all

the water has boiled off, the remaining organic material may char (blacken). At even

higher temperatures it will eventually evaporate.

A critical parameter to take into account in laser surgery is the deposited ablation en-

ergy threshold. Under thermal confinement conditions, if the radiant exposure of a

single laser pulse is above the targeted tissue-specific threshold, the irradiated tissue

will show an explosive vaporization of intracellular water, leading to the ejection of

water vapor and tissue fragments [16]. In this manner, a certain tissue volume will

be ejected and will create a differential incision. A fraction of the remaining inci-

dent light reaches depths where the light energy is not enough to immediately eject

tissue and will consequently be converted into heat and will result in a tissue tem-

perature increase. Specifically, there will be a tissue-specific repetition rate for which

the inter-pulse time is not enough for heat dissipation, thus at high repetition rates

(>20 Hz) the latter effect will be pronounced being able to accumulate over time and

lead to coagulation and eventually carbonization in the remaining tissue.
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1.3 Laser Surgery

Monitoring of most commonly used ablation procedures rely entirely on indirect in-

dicators of ablation activity, such as the delivered power, the overall duration of the

treatment or the temperature profile retrieved from few locations using point-wise

sensors. Estimations of the lesion geometry growth based on indirect indicators re-

main inaccurate and mostly irreproducible in similar procedures, yielding assess-

ments highly sensitive to medical experience and training. The post-ablation final

lesion size might therefore be over- or underestimated. This in turn leads to an extent

of tissue damage that could result insufficient, which would require post-operative

treatments, or excessive, in a way that the damage extent would reach healthy tissues.

Damaging healthy tissues can additionally lead to clinical problems with potential

life-threatening consequences such as liver failure, pleural complications, venous

thrombosis or cardiac tamponade [17]. In a similar manner, lack of haptic feedback

in laser surgery leads to difficulties determining the incision depth and incised tissue

type causing a high risk of collateral damage to tissues that need to be optimally func-

tional, e.g. organs or nerves [18]. Direct judgment of the ablation development, for

example by imaging the lesion depth during the procedure, can accurately provide

real-time feedback on the lesion size growth. Accurate assessment of the ablation ex-

tent can greatly improve real-time decision making, resulting in higher success rates

and an advanced clinical applicability of laser-based surgery and thermal ablation

procedures.

Laser surgery is an advantageous alternative to scalpel-based procedures, which are

often afflicted with excessive mechanical traumatization and bacterial contamina-

tion. Pulsed laser ablation results in vaporization and ejection of tissues, leading to

generation of laser-induced shock waves at the incision spot. This ablation mecha-

nism is already exploited in an ample spectrum of laser-tissue applications such as

laser osteotomy [19] or, soft and connective tissue cutting in dermatology, ophthal-

mology or oncology [20–24].

Currently, there are several optical and acoustic readout mechanisms that have been
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proposed for monitoring laser surgeries [25–27, 27, 28]. However, the lack of accu-

rate haptic feedback and real-time control over the lesion profile still remains a ma-

jor challenge of laser-based surgical procedures, severely limiting the range of po-

tential applications. Monitoring of the laser incision depth also has been attempted

using kinesthetic and vibrotactile haptic feedback [29], however these studies con-

veyed only initial demonstrations in homogenous agarose phantoms for a limited

shallow penetration depths of 1 to 2 mm. Furthermore, acoustic detection of shock

waves was used to demonstrate the capability of monitoring of incision depth dur-

ing laser ablation. This was achieved, by using a matrix array of ultrasound detection

elements for 3D localization of the incision profile in ex-vivo samples [30]. How-

ever, the need of an acoustic matching medium, typically in the form of water or

ultrasound gel, between the ablated tissue and the feedback detector may affect the

achievable ablation rate by altering the effective heat capacity of the tissue surface

while the contact-based approach may further hamper the general applicability of

such monitoring method in a real clinical setup.

1.4 Laser Induced Thermotherapy (LITT)

Techniques based on hyperthermia are largely employed in clinical practice to treat

cancer. These procedures induce a temperature increment within a carcinogenic

body tissue. Laser-induced thermotherapy is spreading as a technique to induce lo-

calized hyperthermia. LITT is a minimally invasive surgical technique, in which the

radiation emitted by the laser source is guided by a fiber optic within the tissue to

be treated. The laser energy absorption leads to a localized heating able to induce

cellular necrosis. LITT ablation has been widely used for the treatment of various

tumors e.g. in the, liver, lungs, prostate, brain or pancreas [31, 32]. Temperature

values reached within the tissue play a crucial role in the outcome of LITT inter-

ventions while the spatial temperature distribution and exposure time defines the

volume of coagulation and thus the amount of tissue volume undergoing thermal

driven denaturation. Therefore, the monitoring of temperature increase during LITT

provides useful feedback in order to adjust laser dosimetry. An effective laser therapy
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outcome is crucial in interventions aiming to remove the neoplastic volume entirely

without collateral thermal damage to the surrounding healthy tissue. Therefore, the

monitoring of temperature has been considered essential in all hyperthermic treat-

ments. In the last decades, the need of new temperature monitoring methods for

thermal therapies, and in particular in LITT, facilitated the introduction of several

thermometries. Invasive approaches based on thermocouples or fiber-optic sensors

can be used for temperature monitoring. In this way, the temperature can only be

captured in few locations within the heated region. Also, direct tissue contact or an

invasive approach are required. On the other hand, the temperature map can be ob-

tained using non-invasive imaging modalities such as optical methods, infrared (IR)

thermometry, US, x-ray computed tomography (CT), or magnetic resonance imag-

ing (MRI). However, these imaging modalities are either limited by low penetration

depth, sensitivity, contrast or otherwise lack an adequate temporal resolution for dy-

namic mapping of the temperature fields [33].

1.5 High Focused Ultrasound (HIFU) Treatments

Therapeutic ultrasound (TUS) involves a wide range of techniques routinely em-

ployed in the clinics to treat pathological tissues, such as tumors, neurological disor-

ders, kidney stones, blood clots, injured muscles and tendons or hemorrhages [34].

The majority of US-based treatments involve thermal effects produced via tissue

heating with average intensity levels exceeding those permitted for diagnostic pur-

poses. High-intensity focused ultrasound (HIFU) is used to selectively destroy ab-

normal tissues, such as cancerous neoplastic tumors, via exposing the targeted tis-

sue to local temperature elevations in the coagulation range [35, 36]. HIFU has also

been used at lower power levels below the threshold required for ablation, such as

in intense therapy ultrasound (ITU), by creating thermal injury zones in the tissue,

initiating tissue repair cascade, promoting collagen generation and thus a healing re-

sponse [37, 38]. Low intensity pulsed ultrasound (LIPUS) is also used in applications

driving beneficial tissue healing responses [39]. Additionally, non-thermal physical
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effects, such as cavitation and acoustic streaming, have shown to promote cell mem-

brane permeability and improve cellular activity [40]. Medium intensity focused

ultrasound (MIFU), with acoustic intensity levels between those used in echogra-

phy and HIFU that can lead to combined and cooperative thermal and non-thermal

physical effects in soft tissues for performing physio or cancer therapy, either directly

or via local drug delivery.

When focused ultrasound is used in a continuous-wave (CW) mode, the tempera-

ture reached at the focal point can achieve a cumulative thermal dose great enough

to kill the tissue by coagulative apoptosis. This process works through the denatura-

tion of the cellular membrane and can be focused to a volume as small as 10 mm3

[123]. Mechanical destruction at the cellular level occurs if US is used in a pulsed

manner, as opposed to the CW mode of operation. The cumulative thermal dose will

be lower, so that the effects on the tissue will be due to mechanical interactions. At

high enough acoustic intensities, microbubbles will form around cells and through

their oscillations, fracture the cell membrane. The interaction of ultrasound with the

microbubbles is known as cavitation, also when it is used to mechanically destroy

the tissue it is called histotripsy.

Effective application of focused US energy requires precise monitoring of the spatio-

temporal temperature distribution map during the clinical intervention, control over

the delivered US intensity levels and duration of the treatment as well as precise

spatial targeting in the body [41]. Thereby, the development of efficient monitor-

ing methods is paramount for improving the therapeutic efficacy while avoiding un-

necessary tissue damage. Of particular importance is the feasibility to render real-

time feedback on the spatio-temporal temperature distribution in the treated tissue.

Temperature monitoring is also essential in MIFU for controlling the exposure time

at lower temperatures and preventing overheating. Intrusive temperature monitor-

ing methods based on thermocouples, thermistors or fiber-optic detectors can be

used for temperature control [42]. However, these invasive approaches only retrieve

temperature readings from discrete locations. Mapping the temperature distribution

was further attempted using non-invasive imaging approaches, including infrared

thermometry [43], analysis of US backscattered signals [41, 44], X-ray CT [45] or MRI
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[46]. However, all these methods have limitations for real-time volumetric tempera-

ture mapping.

1.6 Radiofrequency Ablation (RFA)

Radiofrequency ablation is used for coagulation and destruction of dysfunctional

tissues e.g., in cardiology where the target is the elimination of abnormal electri-

cal pathways responsible for cardiac arrhythmias [47]. RFA drives localized coagula-

tion and desiccation of the target tissue while avoiding uncontrolled apoptosis in the

neighboring tissue structures. The ablation procedure is generally guided by electro-

physiological and anatomical mapping as well as by careful RF titration [48]. The size

of the induced lesion is mainly determined by the extent and duration of the heat-

affected area. Hence, real-time treatment monitoring is essential to optimize the

outcome of the ablation procedure. The ablative process is typically monitored via

simple temperature or impedance measurements at the ablation tip [49, 50]. How-

ever, heat diffusion and the use of irrigated ablation tips can significantly affect the

size and shape of the ablated area, resulting in failed treatments [51]. Up to now,

multiple imaging techniques have been proposed for RFA lesion formation moni-

toring. MRI has shown capabilities for monitoring thermal treatments [52]. How-

ever, limited resolution, high costs and specialized equipment prohibit MRI-based

techniques from becoming commonplace in regular RFA treatments in general clin-

ical practice. Emerging as an alternative, US-based techniques have been proposed,

however pure pulse-echo US based imaging lacks enough clear lesion contrast, while

more advanced US-based methods still fall short of providing direct lesion imaging at

acceptable temporal resolution rates [53]. Alternatively, pure optical imaging tech-

niques lack enough penetration depth for providing meaningful lesion monitoring

feedback.
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1.7 Temperature Monitoring Techniques

This section presents an overview of the techniques used to monitor tissue tempera-

ture during thermal ablation that are currently used by physicians in clinical practice.

1.7.1 Invasive Approaches for Temperature Monitoring

This subsection focuses in the description of the three most widely used invasive ap-

proaches for temperature monitoring. The need to introduce the sensing element

within an organ is the main drawback of these methods, which require direct contact

with the measurement site. Furthermore, since the outcome of the ablation inter-

vention is related to the distribution of tissue temperature, a number of sensors are

required. These techniques are classified as invasive approaches, even though efforts

are dedicated to the minimization of the number of necessary probes for the thermal

mapping.

Temperature monitoring using thermocouples

Thermocouples are widely used because they are mostly cost-effective, attain high

levels of accuracy, have a wide measurement range, small detector size and rapid re-

sponse. These advantages make thermocouples suitable for localized monitoring

of temperature when fast temperature changes are produced [42]. The concerns

of using thermocouples during thermal ablation are related to the invasiveness of

the measurement and their metallic constitution. Metallic conductors, main com-

ponents of the thermocouple junction, can become unnecessary absorbers of ra-

diation during specific thermal ablation techniques like laser light radiation. This

phenomenon causes a local increase of temperature, entailing a significant overes-

timation of the actual tissue temperature. Despite this artefact, thermocouples are

widely used, particularly unshielded thermocouples facilitate reducing the size and

a provide a short response time. The use of shielded thermocouples overcomes the

fragility of unshielded ones at the expense of an increase of the response time and

size.
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A thermocouple consists of two metal wires joined in two junctions. The electro-

motive force of the open circuit is a non-linear function of the temperature differ-

ence between the two junctions. During an ablation procedure, the two conductors,

usually embedded in an implantable needle, strongly absorb the energy used for ab-

lation, e.g. US, microwave or laser light, thus inducing an error in the temperature

measurement. This is a main concern, along with the invasiveness, resulting in a sig-

nificant overestimation of the actual surrounding tissue temperature [92]. A useful

technique to perform a more accurate correction of the associated artefacts is based

on the repetition of ablative energy switching on and off in order to measure the am-

plitude of the artefact by averaging its value on several cycles [42]. The use of ther-

mocouples has been reported in several studies dedicated to temperature monitor-

ing during thermal ablation in different tissues, among others, retina [93], liver [17],

and benign prostatic hyperplasia [94]. However, the overestimation of temperature

and the limited number of thermocouple sensors needed to avoid clinical trauma

still remain as main drawbacks for this temperature detection mechanism.

Temperature monitoring using fiber-optic sensors: FBGs and fluoroptic probes

There are many types of fiber-optic sensors (FOS) used for temperature measure-

ments. The widespread use of FOS, and in particular of fiber Bragg grating (FBG)

sensors, has been delayed by the high equipment costs and by the relatively low in-

terest of the medical community. Currently, there are two main FOS for thermometry,

namely FBG sensors and fluoroptic probes.

FBGs are periodical perturbations of the refraction index of an optical fiber [95] photo-

inscribed within the core of the fiber. The working principle of FBGs is based on the

detection of a wavelength shift (∆λB ) due to change of temperature or strain. The

Bragg wavelength (λB ) is expressed by equation 1.1:

λB = 2ne f f ·Λ (1.1)

where ne f f is the effective refractive index of the fiber core, and Λ is the period of

index modulation. When a broadband light source propagates within the fiber, a
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narrowband spectral component centered at λB is reflected by the grating. A pertur-

bation of the measure causes a λB shift (∆λB ), which can be considered an indirect

measurement of temperature or strain. ∆λB depends specifically on temperature

changes (∆T) because of the thermal expansion of the fiber material (changes of Λ),

and on the temperature dependence of ne f f . When FBGs are employed as temper-

ature sensors, the contribution of strain changes on ∆λB are neglected with respect

to ∆T [42]. FBGs are of interest in the biomedical field [96] due to their electromag-

netic inert nature, the small size, the biocompatibility, the non-toxicity and chemical

inertness and the capability to be encapsulated into thin and flexible optical fibers.

A number of gratings can be easily embedded into a single fiber, constituting a dis-

tributed FBG sensor, since the nominal λB is different, and they can be interrogated

by the same optical spectrum analyzer.

Fluoroptic sensors are based on the fluorescence decay time of a special thermo-

sensitive phosphor, such as magnesium fluorogermanate, located at the end of a

fiber-optic cable [97]. The decay time of the phosphor is a function of temperature

of the phosphor itself, see Figure 1.3. An excitation light pulse generated by a source

propagates through the fiber and excites the phosphor layer at its extremity. The flu-

orescent signal generated by the exciting phosphor is sent back within the same fiber.

After the excitation, the fluorescent signal decays with an exponential law which de-

pends on the temperature of the phosphor. The correlation between the decay time

and the temperature of the fluorophore allows an estimate of the temperature at the

end of the fiber [98].
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FIGURE 1.3: Representative signals versus temperature for Y3Al5O12:Ce. Peaks at all
three temperatures were normalized to the same height for comparison purposes.

(top trace, 10◦C, middle trace 40◦C, bottom trace 77◦C). [99]

In a fluorescence thermometry study [99], Allison et. al. assumed a fluorescence sin-

gle exponential decay model with temperatures ranging from 10 to 77◦C, and could

observe that the captured signals fall at a rate that is faster than a single exponential

decay during the first 20 ns. However, at times > 20 ns the signal fall less rapidly than

the simplified model. Simons et. al. [100] proposed a simple model aimed at describ-

ing how strongly the fluorescence lifetime of a material depends on its temperature.

The model has only one free parameter Q. The expression is the following:

τ

τ0
= exp [Q (T −T0)] (1.2)

The reciprocal of Q is the temperature change needed for the decay time to decrease

by 1/e. From an instrumental perspective, Ce-doped nano-phosphors provide a short

decay time that makes the fluorescence signal easier to acquire and analyze in com-

parison with phosphors with ms decay times when the same number of photons are

emitted and detected in both cases. The reason for this improvement is that the peak
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values of the signals are greater and the rise times are faster, thus reducing trigger-

ing errors in detection electronics. Fluoroptic probes can cover a large temperature

range, typically from 25◦C to 300◦C and an accuracy of 0.2◦C, are electromagnetically

inert to interferences and biologically compatible.

1.7.2 Non-invasive Approaches for Temperature Monitoring

The growing interest in medical imaging techniques for temperature monitoring is

motivated by their non-invasiveness and the possibility to obtain a temperature map

around the therapy applicator. The aim is to avoid the insertion of several sensors

and therefore minimize the dimension of operative tools to be introduced within the

body. The following subsections describe the fundamental advantages and draw-

backs of CT, MRI and US-based thermometry.

CT-based thermometry

CT-based temperature monitoring has recently been advanced to provide effective

feedback in hyperthermia dosimetry due to technological improvements in CT scan-

ners [101]. Patient exposure to X-ray radiation is the most important concern of us-

ing CT scanners. However, the non-invasive nature of this technique make the use of

CT-based thermometry during hyperthermia interesting in certain cases [42].

A basic understanding of the fundamental physics of CT image formation is neces-

sary to describe the thermometry process. An image obtained by CT scan is com-

posed of pixels, which display the average X-ray attenuation properties of the tis-

sue in the corresponding voxel. A limited amount of X-ray radiation is transmitted

through the patient, and detectors at the opposite side. The intensity of transmitted

X-rays depends on the linear attenuation coefficient,µ. A single image is obtained via

mathematical reconstruction from the measured attenuation values at a large num-

ber of projections. The value of each pixel of the image is finally converted into the

CT number, called Hounsfield(HU) unit. The CT number is obtained by the following

relationship [105]:
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C T (x, y) = 1000 · µ(x, y)−µw

µw
(1.3)

where µw is the attenuation coefficient of water, and µ(x, y) is the average linear at-

tenuation coefficient in the pixel located at (x,y). The value of µ(x, y) depends on

the interaction mechanism between tissue and X-ray radiation. During CT scans,

this is party due to Compton scattering. Therefore, the temperature dependence of

physical parameters which influence Compton scattering is the basis of the CT ther-

mometry image formation. A simplified description of the temperature influence on

CT can be performed by considering that µ tracks linearly with the tissue physical

density (ρ).

The change µ depends on the thermal expansion. In fact, the density of a material at

a generic temperature, T, can be expressed as [105]

ρ(T ) = 1000 · ρ(T0)

1+α ·∆T
(1.4)

being ρ(T0) the material density at a reference temperature (T0), α the volumetric

expansion coefficient, and∆T = T −T0. Since the linear relationship between CT and

density, considering the previous two equations and after performing a linearization

based on a Taylor series expansion in α∆T [102], we can obtain [105]

∆C T ≈− [1000+C T (T0)] ·α ·∆T (1.5)

where ∆C T = C T (T ) −C T (T0) is the difference in CT, when temperature changes

from T0 to T. Pandeya et al. studied CT thermal sensitivity in ex vivo swine livers,

showing a sensitivity of −0.54HU ◦C−1 heating the target with a hot air flux from 20

to 95◦C [103]. Pandeya et al. also studied the CT thermal sensitivity in ex vivo bovine

iver, by heating the tissue with RF energy from 20 to 98◦C, showing a sensitivity of

−0.60HU ◦C−1 [104].
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The ideal requirements for a non-invasive temperature monitoring during hyper-

thermic ablation therapies include an accuracy of 2◦C, a spatial resolution of 1-2

mm, and an acquisition time lower than 10-30s [51]. Experiments on water, other

fluids and biological tissues [105] are promising and appear to match the mentioned

requirements. Furthermore, a CT scanner does not require special devices with re-

spect to non-invasive thermometry based on MRI.

Ultrasound-based thermometry

In US imaging, high-frequency sound waves, typically between 2 to 15 MHz are trans-

mitted into biological tissue and partially reflected back to the probe in internal struc-

tures, being the delay between transmitted and received ultrasound an indirect mea-

surement of the characteristics of the medium. The image is then formed by echoes

generated by reflection of ultrasound waves at the boundaries of tissues. Each echo

is displayed at a particular coordinate of the image, depending on its relative position

within the body cross-section [106].

Several US imaging parameters have been investigated for temperature estimation,

such as frequency-dependent attenuation, change in backscattered power and shift

in US frequency signal. The frequency signal shift is the most widely employed method-

ology for temperature monitoring in the US imaging Biomedical Sciences field [107].

Particularly, the time of echo for ultrasound in a homogenous medium is expressed

as [107]

t (T0) = 2 · z

vs(T0)
(1.6)

where t(T0) is the time delay of an echo at position z and at temperature T0, and

vs(T0) is the speed of sound in the tissue at temperature T0. In the presence of a

temperature change ∆T , a time shift ∆t , in the ultrasound signal occurs, due to both

the thermal expansion of the medium and the change of sound speed. Since the

influence of the thermal expansion element is negligible with respect to the change

of sound speed and the dependency of time shift with depth can be removed, the

dependence between ∆T and ∆t can be expressed as [107]
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∆T ≈ k · d(∆t )

d t
(1.7)

where k is a tissue constant that can be experimentally determined, and d(∆t )/d t

is the derivative of the time shift, also called normalized time shift. Thermal images

representing heating of tissue are computed by a motion algorithm estimating ∆t in

consecutive ultrasound frames. Once the normalized time shift is computed, it is

then translated into a temperature map.

The temperature resolution in US thermal imaging is strictly related to the motion

algorithm adopted. The spatial resolution is mainly influenced by the kernel size

employed in the motion algorithm, and by US frequency. An US pulse with higher

bandwidth results in images with better spatial resolution at the expense of losing

penetration depth. Physiological motion and unexpected acoustic tissue properties

changes are also relevant within this approach which could cause artefacts in US

thermal imaging. However, artefacts can be removed afterwards by post-processing

the US images.

MRI-based thermometry

After the transmission and the successive interruption of a radio frequency signal

to a medium, proton spin reacquires the initial position and direction. Two temporal

parameters, i.e. spin-lattice relaxation time T1 and the transversal relaxation time T2,

quantify the mechanisms of relaxation of the spin proton to recover the equilibrium

status, and give information about the structure of the tissue. T2 relaxation time is

less appropiate than T1 for temperature monitoring as its temperature dependence

is reduced with respect to T1 [108] and can be masked by other factors [109].

In T1-based MRI thermometry, the spin-lattice relaxation in biological tissues results

from dipolar interactions of macromolecules and water molecules, which is due to

their translational and rotational motion. The temperature dependence of this mo-

tion causes an increase of T1 with temperature. The relationship between T1 of water

protons and temperature is described by [110]
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T 1 ∝ exp

(
−Ea(T 1)

k ·T

)
(1.8)

where Ea(T1) is the activation energy of the relaxation process, k is the Boltzmann

constant and T is the absolute temperature. Within a certain temperature range of

interest for hyperthermia purposes (i.e. 30-70◦C), the relationship between T1 and

temperature can be considered mostly linear.

The quality of T1-based thermal mapping depends on the accuracy in measuring

T1. Lipid suppression should be used because of the presence of lipids in biological

tissues, which have different T1 change with temperature. Non-linear effects can

occur if the tissue properties change, e.g. due to coagulation. Furthermore, since the

T1 change due to temperature depends on the tissue type, prior knowledge of the

thermal coefficient of each tissue is essential. Because of these issues, T1 changes

are often used to get a qualitative measurement of the temperature distribution [111].

The advantage that this technique provides is that it is easy to implement, exhibits

high sensitivity to low field strength and low sensitivity to motion.

Proton resonance frequency (PRF) shift is now considered the most promising tech-

nique in the field of MR thermometry, that is using the chemical shift that creates

the resonance frequency shift of a nucleus with respect a reference element. PRF is

preferred because of its independence for aqueous tissues, the linear dependence

between electronic shielding and temperature, and the higher precision in map-

ping temperature changes (uncertainties of∼ 0.3◦C) with respect to other parameters

[112]. However, some concerns arise related to the small sensitivity to temperature

changes of lipid PRF shift that can cause errors of thermal mapping for fat tissue. The

main problem that restrains MR thermometry of being implemented in general clin-

ics is the respiratory motion, and several motion-correction techniques are currently

discussed and researched [113].

There is no unique parameter offering the highest sensitivity and efficiency in tem-

perature monitoring with MRI [110]. T1 relaxation can be performed with low field

(< 0.5T), it shows low motion sensitivity and it is easy to be implemented, although
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with the drawback of being tissue-type dependent. Tissue dependence is solved by

PRF in aqueous tissues, except for lipid tissues, that shows a linear dependence in

the temperature range between −15◦C and 100◦C and high temperature sensitivity.

The non-invasiveness peculiarity of the thermal ablation imaging methods presented

allow them to be subject of research due to their promising applications in the biomed-

ical field. However, the chance of visualizing the ablation procedure in real-time

[114] and concurrently estimate the temperature distribution within the treated or-

gan obtained by image-based thermometry is still quite challenging. Therefore, OA

capabilities for non-invasively monitoring temperature will be object of considera-

tion in the subsequent sections.

1.8 Optoacoustic Imaging

1.8.1 Light and Sound Propagation in Tissue

Electromagnetic waves, like light, propagate and interact with the structures that

compose matter [54]. When photons propagate through biological tissue, they are

either scattered or absorbed. Scattering is the deflection of light and is strongest ex-

perienced when the scatterer size is in the order of the optical wavelength. Absorp-

tion is the uptake process of electromagnetic energy by the electronic and vibrational

structures of matter constituents and is intrinsically sensitive to chemical composi-

tion [54]. Absorbed light can be converted into heat, utilized in a chemical reaction

or radiated back as in fluorescence. Following absorption of a photon, radiative and

non-radiative relaxation pathways can take place [13].

Given the photon absorption event in a single excited molecule that does not inter-

act with any other nearby molecules, the molecule can undergo the non-radiative

process of “intramolecular redistribution” until the molecule is in equilibrium. Oth-

erwise, the molecule can suddenly shift to a lower energy state by photon emission.

If the radiative lifetime of the molecule is shorter than the redistribution time, most

likely a photon will be emitted before intramolecular redistribution is completed. In
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the same way, there is always partial intramolecular redistribution before a photon is

emitted, therefore the energy of the re-emitted electromagnetic particle will be lower

than the absorbed photon. There are two possible radiative processes: fluorescence

and phosphorescence. While fluorescence is the transition to a similar state, i.e.:

singlet-singlet, and usually takes place in the order of few nanoseconds, phospho-

rescence occurs after an intramolecular crossing has taken place and the transition,

i.e.: triplet-singlet, is much less likely to occur, at a lower energy and in the order of

milliseconds to seconds timescale, see Figure 1.4.

FIGURE 1.4: Optical excitation and relaxation of atoms and molecules from the
ground state to excited states can result in fluorescence, phosphorescence, energy

transfer, electron transfer, stimulated emission or non-radiative relaxation.

Biological systems are complex organisms constituted by a large number of molecules,

where inter-molecule interactions can lead to several processes after a photon is ab-

sorbed. Photochemical reactions take place when the electromagnetic energy ab-

sorption gives rise to an electronic transition, the more energetic the electron will

orbit the nuclei at a greater distance. As the nuclear attraction force decreases no-

tably with distance, the electron will be less tightly bound and will be able to form

a chemical bond with another more readily molecule. On the other hand, processes
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of thermalization and collisional relaxation happen while an excited molecule is un-

dergoing intramolecular redistribution it might collide with another molecule. Some

of the vibrational energy in the excited molecule will be transferred to the colliding

molecule as translational kinetic energy. Molecular translational kinetic energy is

what appears at a macroscopic level as a temperature rise so leads to photothermal

effects. This process of collisional relaxation will thereby thermalize the absorbed

photon energy in a matter of picoseconds, although the consequent macroscopic

thermal effects occur over longer timescales beyond milliseconds and seconds.

OA imaging exploits optical absorption to target deep biological tissues at millime-

ters to centimeters from the surface. Anatomical features contain an abundance of

chromophores such as hemoglobin, lipids and water that present completely dif-

ferent absorption spectra. Figure 1.5 shows the absorption spectrum of major en-

dogenous chromophores. Optical absorption is minimized within the so-called near-

infrared (NIR) optical window, 650 to 1300 nm, and hence this range of wavelengths

is preferred for deep-tissue imaging. The absorption coefficients of both the oxy-

genated and deoxygenated states of hemoglobin at physiologically regular concen-

trations are generally at least an order of magnitude higher than other chromophores

like water or lipids. Thereby, blood vessels are the main source of contrast in OA im-

ages. At shorter wavelengths within the visible range hemoglobin absorption is even

higher and can exceed that of other chromophores by more than two orders of mag-

nitude.
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FIGURE 1.5: Optical absorption spectra of major endogenous chromophores at
typical concentrations occurring in living mammalian tissues. Melanin spectrum
(brown) is shown for typical concentrations in the skin; hemoglobin (red – oxy-
genated, blue – deoxygenated) for typical concentrations in whole blood (150g l−1 –
continuous lines) and average soft tissues (15g l−1 – continuous lines); water (cyan)
for a typical concentration of 80% by volume in soft tissues; lipids (yellow) for a con-
centration of 20% by volume. The first (NIR - I) and second (NIR - II) windows, where

optical absorption is minimized, are indicated [133].©

Although melanin has a higher absorption coefficient than blood, it tends to be highly

localized in the skin and other regions rather than being a constituent of most bio-

logical tissues. Light penetration is hindered by hemoglobin below 650 nm and by

water absorption at wavelengths above 1300 nm, hence this spectral region consti-

tutes the aforementioned NIR window. Optical scattering is generally described with

the bulk scattering coefficient µs , which gives the probability of a scattering event

per unit of length. In biological tissues, µs is approximately 100 cm−1 [54]. Average

absorption coefficient µa values within biological tissues typically range between 0.1

– 0.5 cm−1 at 750 nm [55]. The relatively low optical absorption coefficient values in

biological tissues relative to the scattering coefficient values indicate that scattering

is the main cause of light attenuation. Furthermore, light diffusion induced by opti-

cal scattering prevents resolving deep-seated structures. Two main light propagation

regimes are defined. The ballistic regime takes place at shallow depths below ∼1 mm

https://omlc.org/spectra/
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where photons undergo few scattering events and preserve their directivity. The dif-

fusive regime corresponds to deeper regions, where light is omnidirectional due to

several scattering events. Classical optics can describe light transport for the ballistic

regime, whereas for the diffusive regime the light dispersion can be modeled by the

diffusion equation [56]:

1

c

∂Ø(r, t )

∂t
−∇D(r )∇Ø(r, t )+µa(r )Ø(r, t ) = S(r, t ) (1.9)

where S(r, t ) is the source term, Ø(r, t ) the fluence rate, c the speed of light [ms−1] and

D(r ) = 1/3(µs
′+µa) the diffusion coefficient. µs

′ = (1−g )µs is the reduced scattering

coefficient. For anisotropic scattering, g is the anisotropy factor which in biological

tissue is in the range 0.8 – 1 [55]. For a uniform semi-infinite medium uniformly

illuminated on the surface, the light fluence distribution is given by the 1D solution

to the diffusion equation, Beer’s law [56]

φ(r ) =φ0exp

(
−

√
µa

D
r

)
(1.10)

where r is the distance from the surface. The light fluence decays exponentially from

its initial value at the surface level. For biological tissues excited in the NIR window,

the decay is approximately one order of magnitude per centimeter. Considering that

the OA contrast mechanism is absorbance based, the strength of the signals is pro-

portional to the light fluence. Light attenuation represents a major challenge for OA

tomography as instrumentation needs a large dynamic range for a proper detection

of shallow and deep structures [57].

Acoustic waves with frequencies above > 20kH z are known as ultrasound. Acous-

tic waves propagate longitudinally through matter. The propagation speed cs[ms−1]

depends of the material density ρ[g cm−3] and compressibility k[Pa−1] [56]

cs =
√

1

ρk
(1.11)
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Speed of sound values for biological tissues, 70-80% water content, are around the

speed of sound for water 1500 ms−1 at 25◦C. Similarly, speed of sound values for

bone and air, respectively, are 3500 ms−1 and 343 ms−1. An important parame-

ter of an elastic medium for acoustic wave propagation is the acoustic impedance

Z [kg m−2s−1] [56]

Z = csρ (1.12)

The acoustic impedance establishes the relationship between the pressure generated

by the acoustic waves and the displacement velocity of the particles ud [ms−1] [56]

p = Z ud (1.13)

The difference in acoustic impedance at the interface between two propagation me-

dia is associated to the reflection R and transmission T coefficients. For normal inci-

dence upon the interface of an incident medium with impedance Z1 and a transmis-

sion medium with impedance Z2 [58]

R =
(

Z2 −Z1

Z2 +Z1

)2

and T = 4Z1Z2

(Z1 +Z2)2 (1.14)

where R and T are the reflection and the transmission energy coefficients in percent

respectively. The strong acoustic mismatch between tissue and air implies that ∼99%

of the energy is reflected in each interface and hence water or ultrasound gel is gen-

erally required as a coupling medium for the detection of OA signals. Acoustic waves

also attenuate mainly due to friction losses while propagating through tissue and can

be approximated following:

p(r ) = p0e−α( f )r (1.15)
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where p0 is the initial amplitude, r the propagation distance [cm] andα( f ) the frequency-

dependent attenuation coefficient [dBcm−1] with a typical value of 0.5 dB M H z−1cm−1.

By attenuating more high frequencies, biological tissues act thus as a low-pass filter

for the propagation of ultrasound waves.

1.8.2 The Optoacoustic Effect

OA imaging, also called photoacoustic imaging is a biomedical imaging and sensing

modality based on laser-generated US waves within biological tissues. The OA ef-

fect describes the conversion of pulsed, or time-varying, electromagnetic radiation

into acoustic waves by means of a local thermoelastic expansion of the region where

light is absorbed. The absolute value of the thermoelastic pressure is proportional to

the micro-temperature rise induced by a portion of the absorbed pulsed light. The

temperature rise distribution∆T (r ) , in the order of millikelvins, can be expressed as

[59]

∆T (r ) = µa(r )φ(r )

ρ(r )Cv (r )
(1.16)

where Cv [J (K g K )−1] is the heat capacity at a constant volume. This formulation

remains valid upon illumination conditions of heat confinement, which means in-

significant heat diffusion during the laser pulse irradiation. To neglect heat transfer

during the duration of the laser pulse, the pulse width has to be shorter than the

so-called thermal relaxation time [56]

τr =
d 2

c

D
(1.17)

where D is the thermal diffusivity (m2/s) and dc is the characteristic dimension of the

heated region, e.g. the dimension of the structure of interest or the decay constant

of the optical energy deposition, whichever is smaller. OA irradiation conditions of

stress confinement are typically met by laser pulse excitations in the nanosecond
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range. Figure 1.6, depicts an example of OA signal generation by short-pulsed ex-

citation of a spherical absorber. The spherical absorber is located at a distance zs

from the irradiated surface. Taking in consideration its diameter d , the irradiation

will meet stress confinement conditions in the spherical absorber during laser en-

ergy deposition if the duration of the laser pulse τp is shorter than the time of stress

relaxation time τr d/cs of the absorber. Therefore, given a pulse width shorter than

τr assures thermal confinement conditions, while a shorter pulse width than τs is

required to fulfill stress confinement [57].

FIGURE 1.6: Schematics of optoacoustic signal generation by short-pulsed excita-
tion of a spherical absorber.

The speed of sound of biological tissues is close to the speed of sound in water ∼1500

m/s. Laser pulses with durations shorter than 100 ns should be used to generate

stress confinement conditions for absorbers of 1 mm size [59]. Given a typical nanosec-

ond laser pulse irradiation, the fractional volume expansion dV /V can be expressed

as [56]

dV

V
=−kp +βT (1.18)

where β[%K −1] denotes thermal expansivity or thermal expansion coefficient with

values of 4 · 10−4K −1 for muscle tissue, p and T are the changes in pressure [Pa]

and temperature [K ] respectively. The isothermal compressibility k takes values 5 ·
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10−10Pa−1 for aqueous solutions such as biological tissues and can be expressed as

[56]

k = Cp

ρc2
s Cv

(1.19)

where ρ is mass density 1000K g m−3 for water and soft tissue, Cp and Cv [J (g K )−1]

represent the specific heat capacities at constant pressure and volume respectively.

Having a laser irradiation with a pulse width that meets heat and stress conditions,

from Eq. 1.18 the fractional volume expansion can be neglected and the local pres-

sure rise is derived as [56]

p0 = βT

k
(1.20)

or [56]

p0 = β

kρCv
ηH (1.21)

where H [J/m3] is the specific optical absorption and η is the percentage that is con-

verted into heat. From here, the Grüneisen is further defined as:

Γ= β

kρCv
= βv2

s

Cp
(1.22)

Then Eq. 1.21 becomes

p0 = Γηth H = Γηthµaφ (1.23)

Given that the confinement inequality holds true, thus the pulse durations are short

and the fractional volume expansion can be neglected, the initial pressure-rise wave

P0(r ) equation may be directly described as a function of the local temperature in-

crease
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p0(r ) = Γ(r )µa(r )φ(r ) = Γ(r )∆T (r )ρCv (1.24)

where the Grüneisen coefficientΓ(r ) [dimensionless] represents the efficiency of thermo-

acoustic excitation energy conversion. The Grüneisen coefficient is a function of the

three tissue-specific physical parameters; thermal expansivity β, speed of sound cs ,

and heat capacity at a constant pressure Cp .

The spatio-temporal propagation of the initial pressure distribution is governed by

the inhomogeneous scalar wave equation with the second derivative of the local tem-

perature as source function [62]

(
∂2

t − c2∇2)p = β

k
∂2

t∆T (1.25)

Assuming that Equation 1.17 is fulfilled, the source function can be rewritten in terms

of a heating function defined as the thermal energy converted per unit volume and

per unit time [56]

H =µaφ= ρCvδt∆T (1.26)

The OA wave equation is then rewritten as [56]

(
∂2

t − c2∇2)p = Γ∂t H (1.27)

Equation 1.24 describes the generated pressure rise for small absorbers. The gener-

ated pressure-rise propagates in all directions from the absorber while the amplitude

of the pressure wave generated by a spherical absorber decreases as 1/r with distance

from the center from the absorber for r > r0, see Figure 1.6.

For r > r0 the spherical propagation can be considered as a planar wave front, there-

fore the pressure amplitude decreases as 1/r with the distance from the center of the

absorber in the far zone.
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The temporal profile of the pressure wave from the sphere has a bipolar N-shaped

signal with positive and negative phases [60]. Given that the duration of an N-shaped

temporal signal is∆τ, the absorber dimension d can be then computed as d =∆τ·cs .

1.8.3 Optoacoustic Signal Detection

Correct detection of the OA pressure waves prior to reconstruction is essential for ef-

fective OA imaging. Several types of US detection technologies have been employed,

the most common being based on piezoelectric materials or optical methods. In this

thesis we used piezoelectric detectors that hold 2 orders of magnitude greater sensi-

tivity compared e.g. to interferometric approaches [63].

The piezoelectric material used for OA imaging ultrasonic detection need a high elec-

tromechanical coupling efficiency that leads to a higher sensitivity and an acoustical

impedance closely matched to water and/or biological tissues. In biological imaging,

piezoelectric materials are typically composites rods embedded in a polymer matrix

that matches the acoustic impedance of the piezocomposite to the tissue [56].

The main component of an US transducer is the piezoelectric element. It is a resonat-

ing device which converts the pressure wave into an electrical signal. The resonance

frequency of the piezoelectric element is given by the thickness of the material [64]

fc = ncL

2L
(1.28)

With the lowest resonant frequency being n = 1, cL is the longitudinal acoustic wave

velocity in the transducer material, L is the thickness of the piezoelectric material,

and n is an odd integer. Therefore, resonances occur when L is equal to odd multi-

ples of one half-wavelength and the thinner the piezoelectric material, the higher is

the resonance frequency. The two surfaces of the piezoelectric material connected

to electrodes to measure the generated voltage difference. The piezoelectric mate-

rial is then covered with one or several matching layers that reduce losses due to
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the impedance mismatch between the piezoelectric material and the imaging target,

thus attaining higher sensitivity.

The backing material of an US transducer attenuates reverberations of the piezoelec-

tric element, the higher attenuation the higher the bandwidth of the transducer. The

closer it is matched to the impedance of the piezoelectric material, the better is the

absorption of acoustic energy and thus the better the damping of the oscillations and

will lead to a wider US transducer bandwidth. There will be a trade-off between sen-

sitivity and bandwidth that has to be calibrated for the desired application, in order

to be able to detect the weak OA signals while avoiding noise, i.e.: high Signal-to-

noise ratio [64].

1.8.4 General Forward Solution and Reconstruction

Computational methods use mathematical techniques to reconstruct an image from

the acquired OA signals. These mathematical methods are usually based on backpro-

jecting formulas, also known as delay and sum approaches [65]. They can be resolved

in spatiotemporal or Fourier domains, for more details the reader may refer to liter-

ature [56, 66, 67]. These formulas are exact under ideal conditions, such as when the

wavefront is detected by an infinite number of omnidirectional infinitely broadband

transducers distributed on an infinite detection surface. In general, the OA inversion

represents the mathematical solution to recover the initial OA pressure distribution

p0 in Eq.1.23 from a finite number of time-resolved pressure measurements. It has

been previously demonstrated that the OA inversion can be performed on any sur-

face shape [68]. However analytical solutions were only found for planar, cylindrical

and spherical geometries [66].

The backprojection algorithm is a time domain solution to the OA equation, see

Eq.1.23, given the assumption of thermal and stress confinement. For a spherical

or cylindrical detection geometry, the back-projection formula is expressed as [66]

p0(r ) =
∫
Ω0

b
(
r0, t̄ = |r − r0|

)
dΩ0/Ω0 (1.29)
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where

b
(
r0, t̄

)= 2p
(
r0, t̄

)−2t̄
∂p

(
r0, t̄

)
∂t̄

(1.30)

is the backprojection term related to the measurement at position r0 and

dΩ0 = dS0

|r − r0|2
· ns

0 · (r − r0)

|r − r0|
(1.31)

is the solid angle for a detection element dS0 with respect to a reconstruction point

P at r, ns
0 a vector pointing outwards perpendicular to the detection surface S0 ·Ω0

is the solid angle of the whole measurement surface beingΩ0 = 4π for spherical and

cylindrical geometries and Ω0 = 2π for planar geometries. The term dΩ0/Ω0 is a

factor weighting the contribution to the reconstruction from the detection element

dS0.

The linearity of Eq.1.29 simplified the computational implementation of OA image

reconstruction, enabling real-time imaging even with a high number of detectors al-

lowed by GPU parallel computing. The analytical inversion that the back-projection

approach yields non ideal results in real setups since full geometries, i.e.: full spheri-

cal surface of detectors, are typically not available. Therefore, the analytical inversion

yields in practice reconstructions with presence of arc artefacts due to the nature of

the limited view detector shape [67].
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Chapter 2

Methods and Contributions

OA has been demonstrated to be a promising imaging and sensing modality for biomed-

ical applications [69, 70] due to its unique capabilities that bring a new range of

tools to the existing imaging technologies. OA is particularly suitable for applica-

tions where hemoglobin-based optical contrast is a means to monitor the clinical

treatment. Since hemoglobin is one of the strongest absorbers and is present in

most living organs, OA provides a means to closely image living organisms together

with a wide range of bio-markers and medical procedures. As shown in Figure 1.6,

the amplitude of the detected OA pressure wave is proportional to the optical ab-

sorption of the illuminated tissue. This principle makes the technique very sensitive

to variations in optical absorption and capable of resolving different absorbers with

high spatial accuracy. If pressure waves are collected from a multitude of positions,

with sufficient observation angle, an image can be reconstructed that shows an ab-

sorption map of the irradiated tissue area. Likewise, if we apply several illumination

wavelengths, multiple absorbers can be clearly identified based on their character-

istic wavelength-dependent absorption profiles by means of spectral unmixing algo-

rithms [71, 72]. On the other hand, OA presents important advantages to monitor

ablation procedures as detailed below.

34
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2.1 Noncontact Monitoring of Incision Depth in Laser

Surgery with Air-coupled Ultrasound Transducers

When a laser beam is sufficiently focused at a high energy level, its electric field can

accelerate a free electron, not bound to a molecule, enough to ionize a molecule

with which it collides without itself becoming bound. This results in a chain reaction

that leads to plasma formation and shockwave emission. This chain reaction will

move on so far as the intensity of the electric field is high enough to have a greater

ionization rate than the rate at which electrons become re-bound to ions [13].

FIGURE 2.1: Diagram of plasma formation at the focal spot of a focused laser pulse.

Figure 2.1 presents the schematics of the focal volume where plasma is generated

through laser-induced dielectric breakdown. When an ultrashort pulsed laser beam

is focused, the smallest beam radius is found at the focal spot in the depth of focus

b. Another name for the focal spot is the beam waist that is equal to the diffraction

limited focal spot size, W, for a beam of wavelength λ and can be represented by [73]

W = 4M 2λ f

πD
(2.1)

where, W = 2W0, is the beam focal spot diameter, M 2 is the beam quality factor, f is

the focal length, and D is the pre-focus beam diameter. Once the beam passes the

focal zone, the beam diameter expands and can be described as [73]
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Wz =W0

√
1+

(
z

z0

)2

(2.2)

where z is the distance from the beam waist and z0 is the Rayleigh length [74]. When

the peak power density of the incident pulsed laser excitation exceeds the ionization

threshold potential of the electric field, plasma is generated around the focal spot

[75, 76]. The plasma is initially generated near the beam waist and eventually ab-

sorbs energy and expands towards the incident laser irradiation. The probability of

plasma generation is dependent on the peak power density, at near-threshold power

densities this probability is 50%. Material removal on a tissue sample through va-

porization and ejected tissue is achieved when the plasma is brought into physical

contact with the biological sample.

Tissue ablation using pulsed lasers, is being researched because this illumination

form typically produces surgical cuts with less damage than CW lasers [77]. This ef-

fect takes place in plasma formation, as the translational kinetic energy of free elec-

trons is quantitatively much higher than the energy of bound electrons known as en-

ergy levels, then the plasma can absorb all incoming radiation and shockwaves, this

effect is known as plasma shielding [13]. The focus on the use of pulsed lasers arises

thus for the purpose of avoiding thermal side effects and treatment of pigmented and

vascular lesions by selective photothermolysis. The natural drift from CW laser treat-

ments to pulsed illumination is due to the findings of frequent tissue coagulation and

eventual carbonization and charring effects derived from continuous wave laser va-

porization [78]. Laser surgery ablation is generally described as a dynamic explosive

process, further experimentation with pulsed lasers has led to the development over

the last decade of different approaches of modeling the ablation processes, which

are of useful value for understanding separately various ablation parameters such as

time delay between laser irradiation and tissue removal, velocity of ejected material,

tissue removal efficiency or threshold fluence to trigger ablation.

Pulsed laser ablation has been widely applied for laser cutting surgical applications,
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ranging from ophthalmology to dermatology and oncology, due to its intrinsic ad-

vantages compared to classical scalpel based surgical protocols [79]. Besides an im-

provement in incision depth accuracy, the main advantage of laser based surgical

methods resides in the hemostatic properties of laser light, stagnating the blood for a

better post-treatment sealing and thus minimal swelling and bleeding. Besides tissue

removal in the focus of the laser beam, the absorption of optical energy also causes

heating of surrounding biological tissue and consequently sealing neighboring blood

vessels during the surgery [79]. As follows, excessive bleeding complications can be

avoided, simplifying the overall complexity of the treatment protocol and reduced

operative and post-operative traumatization. Absorption of optical energy and ejec-

tion of material also leads to the generation of high intensity (shock) acoustic waves,

which can be considered a particular type of OA signals.

The feedback sensing methodology studied in this thesis, see Figure 2.2, tests the

feasibility of monitoring the incision depth in laser cutting by measuring the time of

flight of the generated pressure waves with air-coupled transducers.

The main limitation associated with coupling of ultrasound through air when using

standard (immersion) ultrasound transducers is the impedance mismatch between

air and biological tissues with acoustic properties similar to water. Besides, the high

attenuation of ultrasonic waves in air of 1.6 dB/cm for 1 MHz also represents an

added difficulty for detecting OA signals without direct contact.

It has been shown that air-coupled transducers (ACT) have a sensitivity enhance-

ment of 15 dB by means of composite layers matching the acoustic impedance of

the transducer to the air [131]. Therefore, air-coupled transducers are suitable for

non-contact shock wave detection.
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FIGURE 2.2: (a) Layout of the experimental setup. ACT, air-coupled transducer;
DAQ, data acquisition. The glass slide with 1.1 mm thickness is positioned at 45°
relative to the propagation direction of the shockwaves so that the acoustic waves
are reflected at 90° into the ACT. (b) Ablation beam characterization in the vicinity
of the focal region. Typical beam shapes are shown in the inset. The effective depth

of the focus is approximately 5 mm.

Shock waves emitted from the ablation spot were detected with a self-developed un-

focused air-coupled piezoelectric transducer with a central frequency of 0.8 MHz and

-6 dB bandwidth of 0.4 MHz, positioned at an acoustic travel distance of 50 mm from

the tissue surface using a glass slide at 45° reflecting the acoustic waves at 90° to the

transducer, see Figure 2.2

The time of arrival of the measured shock waves was estimated as the instant for

which the pressure signal level exceeds a defined threshold, which was set to 16%

of the maximum value for the entire signal sequence. It was further assumed that

the ablation spot is always located at the bottom of the cut so that it deepens as the

incision progresses, thus increasing the delay in the time of arrival of the waves at

the transducer surface. The time of flight difference (TOFD) of the generated shock
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waves due to propagation inside an open cut is then estimated as the difference in

the time of arrival Ti for each detected shock wave with respect to an average time of

arrival T0 for the signals generated by the first 20 laser pulses.

Assuming the speed of sound within the incision ci is known, the incision depth d

can be estimated according to

d = ci ·T OF D (2.3)

In this study, we used 40 liver cheese (German: leberkäse) samples, 30 samples of

chicken breast, and 20 samples of chicken bone. The incision depths ranged from 1

to 4 mm for soft tissue sampes, leberkäse and chicken breast, and from 1 to 8 mm for

the osseous tissues. The thickness of the samples was 10 mm, see Figure 2.3.

FIGURE 2.3: Illustration of the method used to estimate the incision depth within
the incision profile for different tissue types. Examples of the recorded signals for
(a) liver cheese, (b) chicken, and (c) bone. Each color corresponds to three different
instants, namely, pulse #100, #250 and #400 after the ablation starts. Evolution of

the corresponding TOFD is shown in (d)-(f).
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Figures 2.3a-2.3c show examples of the time-resolved signals recorded by the air-

coupled transducer for the three different tissue types. The recorded waveforms are

increasingly delayed as the incision progresses, indicating deepening of the lesion.

Figures 2.3d-2.3f show three examples of the measured TOFD of the shock waves for

the entire pulse sequence.

One also may note that the time of arrival slightly decreases in the starting phase

of the bone tissue ablations, see a representative example in Figure 2.3f, which may

be attributed to accumulation of thermoelastic effects at the tissue surface before

the actual tissue vaporization takes place. In general, the time of arrival exhibits

unsteady behavior in the starting phase of the ablation for all tissue samples. Most

time-resolved signals are also characterized by lengthy oscillations, presumably due

to residual light absorption in previously generated tissue debris within the crater.

Some abrupt variations in the time of arrival also can be attributed to random abla-

tion events occurring in particles suspended in air before the light pulses reach the

tissue. The values of the speed of sound inside the incision profile were estimated by

considering the final incision depth df measured in post-ablated tissue slices and the

average time of flight difference recorded for the last 20 laser pulses T OF D f via

ci = d f /T OF D f (2.4)

The calculated values of ci are shown in Figure 2.4 as a function of the measured final

incision depth. For soft tissue samples, the average estimated ci increases versus

incision depth, see Figures 2.4a and 2.4b. Specifically, ci reaches average values of

750 and 570 m/s for 3-4 mm cuts in the leberkäse and chicken breast specimens,

respectively.
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FIGURE 2.4: (a)-(c) Distribution of the estimated speed of sound within the incision
based on measurements performed on sliced specimen. Green lines correspond
to the linear fit through the scattered data. Examples of real-time incision depth
estimations for the tissue samples in Figure 2.3 are presented in (d)-(f). Actual pho-

tographs of the sliced samples are shown in (g)-(i), respectively.

For shallow incisions, the average ci values remained close to the speed of sound

in air, 343 m/s for dry air at 20 °C. This may indicate that deeper cuts in soft tissue

samples have been filled up with material expelled by previous ablation events, so

that the shock waves propagate through a mixed air-tissue medium. Conversely, the

average of ci better matched the speed of sound in air for bone samples, even for

considerably deeper cuts, see Figure 2.4c. This implies that the extracted volume is

mainly filled with air during the ablation of bones. See the actual incision profiles

corresponding to the measurements presented in Figures 2.4g-2.4i.

The method detailed in this section demonstrates the basic feasibility of attaining

real-time feedback on the laser-induced incision depth by means of noncontact de-

tection of the generated shock waves with ACTs. Several clinical applications will

benefit from the presented approach. In melanin pigmentation treatments, maxillo-

facial surgery, and precancerous lesion or benign tumor removal, the performance
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of laser-based surgery procedures is often hindered by the lack of online depth mon-

itoring. According to the presented results in this thesis, the method is anticipated to

provide accurate estimates on the incision depth in bones, making it ideally suited

for accurate monitoring of lesion depth in laser osteotomy. The advances derived

from the noncontact nature of this real-time depth monitoring approach are ex-

pected to advance the general applicability of laser-based surgeries.

2.2 Integrated Catheter for Simultaneous Radio-frequency

Ablation and Optoacoustic Monitoring of Lesion Pro-

gression

Radiofrequency catheter ablation is a commonly used treatment for many cardiac ar-

rhythmias, in particular arrhythmias that have shown to be resistant to drug therapy.

The RF catheter ablation procedure is guided by electrophysiological and anatomic

mapping as well as careful RF power titration during the ablation [126].

Currently, the success of ablation treatments depends on the skill of the medical

practitioner in assessing lesion formation, leading to an undesirable amount of in-

efficiencies, undesired collateral damage and failed treatments. An effective lesion

monitoring technique would likely improve the learning curve for clinicians and would

strongly increase the success rate of ablation treatments.

Ablation lesion formation has been formerly monitored via alternative imaging modal-

ities. The development of MRI technologies led to MRI-based techniques to real-

time visualizations of lesion formation in porcine hearts [80]. However the current

spatial and temporal resolution of MRI represents a limitation from becoming a suit-

able imaging modality in commonplace medical care. US sensing catheters have

likewise been developed which resulted in unsuitable imaging contrast and clear

boundary distinction between denaturized and living tissue [81]. More recent US-

based methods such as acoustic radiation force impulse (ARFI) imaging [82, 83] and

thermal strain imaging [84, 85] strive to improve the contrast between necrotic and
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non-damaged cells during ablation lesion formation by monitoring changes in tissue

elasticity and temperature dependent speed of sound variations, respectively. The

ARFI technique in its current development stage is highly sensitive to motion arte-

facts and has low temporal resolution, while thermal strain imaging is only capable of

providing indirect information on lesion size by interpretation after a measurement

of an apparent temperature rise.

Contrast between ablated and non-ablated tissue can also be observed with optical

imaging techniques. Optical coherence tomography [86, 87] was shown to be capa-

ble of real-time monitoring of ablation lesion formation with high spatial resolution.

However the penetration depth of this modality can only reach ∼ 1 mm and hence

can only be employed for monitoring shallow tissue effects under hyperthermic con-

ditions during ablative interventions.

FIGURE 2.5: Cross-sectional photograph taken after completion of ablation and
post-ablation OA image corrected for fluence decay. The three differential tissue
stages of coagulation can be identified: Highly coagulated, mildly coagulation and

non-coagulated tissue.

Previous works to this thesis have shown that three-dimensional OA imaging can
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provide effective diagnosis and real-time feedback for monitoring ablation necro-

sis [88]. Pulse repetition rates of 10 Hz have shown to be effective temporal reso-

lution for controlling coagulation formation through changes in optical properties

during current ablation treatments. In the same manner, OA ablation monitoring

can achieve faster feedback by using higher frame-rate pulsations. OA delivers a

good absorption-based contrast at the boundary of the highly coagulated tissue, pro-

viding new advantageous means to monitor ablation-driven coagulation over pre-

viously suggested ultrasound-based techniques [81–83]. At the same time, OA can

retrieve coagulation changes from significantly deeper lesions compared to pure op-

tical methods.

OA imaging benefits from both aspects of optics and ultrasound, intrinsically hav-

ing the advantages of US profound detection and optical high contrast. The good

ablation lesion contrast that OA provides, originates in the fact that necrotic and un-

ablated tissue show to have distinct OA intensity [89], see Figure 2.5. The different OA

spectrum found between coagulated and non-coagulated biological tissue is mostly

attributed to the difference in the extinction spectrum of hemoglobin Hb. It was pre-

viously reported that the extinction coefficient of non-ablated tissue has a peak in

the infrared range of 740-800 nm, which is not present in the coagulated tissue [90].

In this study we present a combined RF ablation and OA imaging catheter. Our

unipolar ablation catheter design combines the capability of RF ablation and light

delivery for OA imaging in a single compact and flexible unit. The catheter was used

to generate ablation in ex-vivo porcine tissue while simultaneously monitoring the

lesion formation using OA tomography with the necessary illumination delivered

through the RF catheter itself, see Figure 2.6.



Chapter 2. Methods and Contributions 45

FIGURE 2.6: Design and application of the combined RF and OA catheter. (a)
Catheter ablation tip, comprising copper-coated light guides embedded in a steel
ferule using high-temperature epoxy. (b) Proximal end facet of the catheter, opti-
mized for high light coupling efficiency. (c) Distal end facet of the catheter, deliver-
ing both RF current and pulsed-light illumination. (d) Fully assembled bundle. (e)

Layout of the combined RF-OA monitoring experiment.

Light and electrical current are coupled into the distal end of the catheter and are

delivered to the tissue at the distal end, where the electrical current causes coagula-

tion and desiccation while the light is locally absorbed and generate OA signals. This

is achieved by combining ∼ 100 copper-coated multimode light-guides into a single

bundle, see Figure 2.6a-c.

The individual light-guides are optical fibers with a silica core and a fluorine-doped

glass cladding, creating a classical step index multimode fiber that allows the propa-

gation of visible and near-infrared diffuse illumination over large distances with neg-

ligible losses. The fibers have a core diameter of 200 µm, a cladding diameter of 220

µm and a numerical aperture of NA = 0.2. The fibers were coated with a 20 µm thin

copper film during manufacturing in order to create a fiber conducting both light and

current, see Figure 2.6d. The high core-to-cladding ratio of the fibers makes coupling
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light into the fiber bundle very efficient, with a theoretical overall coupling efficiency

of better than 30%.

RF lesions were created in four separate ex-vivo porcine tissue samples in this study.

The samples were immersed in phosphate-buffered saline during the ablation and

the ground-electrode of size 20 cm2 was positioned on side opposite to the ablation

tip with respect to the tissue. The catheter was connected to a RF generator. The

catheter acted delivering 20 kHz ablation current with a duty-cycle of 3%, delivering

1 W for 10 s, 20 s, 40 s and 60 s, see Figure 2.7. Synchronous to the laser trigger, the

sound amplifier was set to 600 cycles of RF energy at 20KHz after 100 µs delay at the

laser pulse repetition rate, see Figure 2.6e.

Pang et al. visualized lesions showing good contrast at the boundary of the highly-

coagulated tissue, and further concluded, that the optimal illumination wavelength

in the infrared spectrum is 780 nm for ventricular myocardial tissue, maximizing the

contrast at the necrotic-healthy tissue boundary [88]. The distal end of the catheter

then delivered short-pulsed 8 ns laser light with a per pulse energy of 6 mJ at a rep-

etition rate of 10 Hz and at a wavelength of 780 nm, while monitoring of RF lesion

formation was volumetrically carried out with a three-dimensional OA system con-

sisting of a 512-element spherical transducer array, see Figure 2.7.
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FIGURE 2.7: Characterization of the RF-OA catheter. (a) Experimental arrangement
for OA imaging. (b) Reconstructed volumetric OA images of the phantom containing
signals generated by the absorbing layer (P) and the catheter tip (C) as well as the
signal reflected by the catheter tip (R). (b) Maximal intensity projection (MIP) along
the x direction. (c) Corresponding MIP image made along the depth direction. (d)

Top- and side-view photographs of lesions generated.

On average, 9 W of electric power were delivered for 10 s, 20 s, 40 s, and 60 s into

the porcine tissue samples. Photographs of the generated lesions are shown in Fig-

ure 2.7d. Longer ablation durations generated deeper lesions, reaching a maximal

depth of ∼1 cm after 60 s. The uniform lesion shape indicates a homogenous current

distribution around the copper-coated light guides.

Figure 2.8 showcases the OA real-time monitoring of the lesion before, during and

after RF ablation in ex-vivo porcine tissue, see Figures 2.8a-c respectively. Figure 2.8a

shows a maximum-amplitude projection of the recorded volumetric OA image and

displays the homogenous and undamaged structure of the porcine tissue prior to the

RF ablation. It is evident that OA signals are generated throughout the whole tissue,

which indicates that the amount of light transmitted through the RF-OA catheter is

sufficient to image structures at several centimeters of depth. Hence, the catheter
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would easily be able to monitor ablation in several millimeter-thick human myocar-

dial tissue. This was a limitation in previous OA monitoring of ablation formation,

where light and ablation energy delivery was separated [126], which required light

propagation through several centimeters of highly absorbing tissue. The developed

catheter circumvents this by delivering the OA illumination directly to the area at

which the ablation is applied.

FIGURE 2.8: Real-time OA monitoring of RF ablation in ex-vivo porcine heart tissue.
(a) OA images acquired from unablated tissue. (b) Noninvasive OA imaging of the
lesion formation in 3D. (c) OA image acquired after the cooldown phase along with
the photograph of coagulated area from a sliced specimen. Images on the top are
top-view MIPs while the bottom row shows a single (z-y) slice through the center of
the reconstructed OA volumes, as indicated by the white-dashed line in (a). (d) Time
evolution of the OA signal during and after RF ablation in the locations indicated in

panel (b).

Figure 2.8b shows maximum amplitude projections at three discrete time points dur-

ing the ablation where a strong increase in the OA signal amplitude can be observed.

The OA signal increase is due to the lesion specific contrast at 780 nm as well as due

to the strong temperature dependence of the Grüneisen parameter, which describes

the relation between absorbed light energy and generated OA signal.

OA images and gross pathology of the specimen are compared in Figure 2.8c. Both

the OA signals and the pathology confirm a uniform coagulum without charring. The

appearance of the lesion in the OA images agrees well with the size and shape of the

lesion morphology found in the gross pathologies. The cooled-down tissue, see Fig-

ure 2.8c at t =180 s shows a lower OA signal amplitude compared to the OA signals at

the end of the RF ablation t = 30 s, Figure 2.8b. This is attributed to the temperature

dependence of the OA signals. The OA signal levels at t = 180s remain higher than in
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the preablated sample due to incomplete cooldown and residual thermal diffusion

effects in the rest of the specimen. The separation of the OA signal contribution due

to temperature and those due to coagulation are to be investigated further. Using

a multi-spectral approach, which is readily available with the given system [126] it

should be possible to separate the respective contributions. It would then be possi-

ble to acquire both high-resolution images of the actual lesion as well as an accurate

temperature map in and around the ablation tip. Currently this cannot be achieved

with existing imaging technologies and would be of tremendous advantage for clini-

cal RF catheter ablation.

Here we presented a novel unipolar catheter combining radiofrequency ablation and

optoacoustic imaging in a single flexible and adaptable design. The catheter is com-

prised of copper-coated multimode light-guides which are combined into a bundle

and whose proximal and distal ends are polished to allow for efficient light coupling

into both the catheter and the tissue. The RF current is conducted through the cop-

per coating of the fibers and no additional wiring is required to form a fully func-

tional catheter capable of delivering both RF ablation current as well as diffuse illu-

mination for volumetric optoacoustic imaging. This catheter design enables precise

spatio-temporal monitoring of lesion morphology during RF ablation. Imaging was

performed using a single 780 nm wavelength, making a potential combination of this

design with existing catheter and monitoring modalities simple and cost-effective.

Using multispectral optoacoustic tomography with the same catheter design could

enable volumetric imaging of the temperature distribution in the forming lesion as

well as the extraction functional tissue parameters in in-vivo models.

2.3 Volumetric Optoacoustic Temperature Mapping in

Photothermal Therapy

OA imaging represents an advantageous technique for lesion monitoring. As dis-

cussed above, it is capable of visualizing the highly coagulated region formed during
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ablative treatments. This part of the lesion is characterized by strongly damaged tis-

sue, typically showing brown stains and presenting shrinkage due to loss of water

in the coagulation process. However, this tissue coagulation level is present only in

a minority of lesions while in the majority of cases, necrosis is reached in a mild-

coagulation state of the organic tissue [88].

Temperature values reached within the tissue play a crucial role in the outcome of

ablation procedures while the temperature field distribution defines the volume of

coagulation [33] and, the amount of tissue undergoing thermal damage. Therefore,

it turns critical to find a method that is capable of detecting the boundary of the

mildly coagulated region monitoring temperature and thus providing a useful feed-

back of pivotal importance for effective therapy, aimed at completely removing the

neoplastic volume without collateral thermal damage to the surrounding healthy tis-

sue. Temperature monitoring is thus considered essential in all hyperthermic treat-

ments described above, namely LITT, RFA, and HIFU. The rise of all hyperthermic

therapy methodologies has led to the investigation of best approaches to succeed in

accurate tracking of temperature.

Coagulation induces changes in the tissue sample optical properties, resulting in

changes in spatial and temporal pressure profiles. Therefore, by recording with a

subsequent analysis of the temporal pressure profiles, it allows monitoring the di-

mensions of coagulated zone with high resolution and contrast.

There were few initial investigations about the temperature effect on the OA signal

pressure amplitude. Larina et. al. presented in 2005 the OA pressure amplitude of

an aqueous solution versus temperature, see Figure 2.9 [119]. The theoretical curve

in Figure 2.9 was drawn retrieving empirical data on the thermal expansion coeffi-

cient, speed of sound and heat capacity at a constant pressure from Weast (1974)

and Kikoin (1976).
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FIGURE 2.9: Theoretically calculated water Grüneisen coefficient and OA pressure
amplitude induced in aqueous solution as a function of temperature [119].

The linear dependence of the OA pressure amplitude on temperature can be used

for temperature mapping. Temperature changes within biological samples can be

computed by detecting the pressure wave and comparing it with the pressure wave

saved before the therapeutic heat source had been applied. The reference tempera-

ture Tr e f must be known in advance, meaning there will be some temperature detec-

tion element that reads us the initial temperature value. The subsequent OA pressure

amplitude measurement will allow us to calculate the increment in temperature that

will be converted into absolute temperature by adding Tr e f .

This methodology leads to the possibility of measuring temperature rises in tissues

by detecting the pressure wave amplitude with an accuracy better than 1 °C at depths

of up to 3 cm from the transducer surface. The accuracy of an OA measurement is

at the same time limited to the stability of the light source, however current laser

systems with stabilized pulse energy available in the market attain 1% stability [119].

The temperature computation methodology developed in this thesis, specifically for

laser ablation, see Figure 2.10, is based on the physical principle of the thermoelastic

conversion efficiency of the OA signals being dependent on the local temperature
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at the instant of emission of the laser pulse. When the OA signals are excited with

a short-duration laser pulse, the so-called stress-confinement conditions, described

in Eq. 1.17, can be assumed for the initial OA signal pressure distribution p0 in the

medium. In this case, the latter is given via Eq. 1.24.

FIGURE 2.10: Volumetric optoacoustic monitoring during photothermal therapy
[33].

The temperature dependence of the generated OA signals mainly is attributed to

variations in the Grüneisen parameter, whose dependence on temperature in water-

like aqueous solutions can be approximated by [56]

Γ(T ) = 0.0043+0.0053 ·T (2.5)

where T is expressed in ◦C. Eq. 2.5 describes the temperature dependence of the

Grüneisen parameter for water and diluted aqueous solutions, which was verified
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with empirical measurements across a wide range of temperatures [120]. The relative

change of the OA signal as a function of the temperature increase ∆T can be then

expressed as [33]

∆p0

p0,0
= 0.0053∆T

0.0043+0.0053T0
(2.6)

being p0,0 and T0 the initial baseline OA signal and the initial temperature before

the heat source is applied, respectively. According to Eq. 2.6, the amplitude of the

OA signals is expected to increase by approximately 2.7% per degree for typical tem-

perature values of 36 °C in living organisms. A coefficient F was further defined for

simplicity as the ratio between the relative increment of the OA signal and the relative

increment of temperature

F = T0

p0,0∆T
∆p0 (2.7)

Considering Eq. 2.7 the theoretical value of F (Fth) can be expressed as a function of

the initial temperature T0 via

F =
(

0.8113

T0
+1

)−1

(2.8)

The temperature increment can then be estimated from the relative OA signal in-

crease as

∆T = T0

p0,0Fth
∆p0 (2.9)

It should be noted that, unlike for inorganic liquids, protein denaturation and coag-

ulation processes are known to take place in soft biological tissues for temperatures

exceeding 50 °C, introducing significant additional complexity due to non-linear al-

terations of the Grüneisen parameter [119] as well as alterations in the optical ab-

sorption and scattering coefficient of the ablated tissues [121]. Accuracy of the above
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temperature estimation approach is therefore expected to be limited to temperatures

range lying below the coagulation threshold.

Additionally we further tested the quantitative performance of the method described

in Eq.2.9 in tissue-mimicking phantoms. The phantom consisted of three tubings

with 1 mm diameter and 10 mm length embedded in a ∼8 mm thick layer of chicken

breast. The tubings were filled with murine blood and sealed with glue. Three im-

plantable thermocouples were inserted into the tubings to provide real-time temper-

ature values. Likewise, for each tubing, the temperature was estimated from the OA

signal in a region of interest (ROI) corresponding to the exactly known location of

each thermocouple.

FIGURE 2.11: OA temperature estimations in a tissue mimicking phantom. (a-
c) Transverse and coronal maximum intensity projection (MIP) OA images recon-
structed for three different time points during laser heating of the phantom; (d) The
temperature increase estimated from the OA signal variations (dashed curves) as
compared to the temperature increase measured with thermocouples (solid curves).
The regions of interest (ROIs) considered for the estimation are marked in panel a;
(e) Relative deviation of the F factor from the theoretical value as a function of the

temperature increase [33].
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Figure 2.11 shows the OA images reconstructed at three different instants during the

laser heating procedure. The laser ablation fiber was aligned parallel to the tubings

at a distance of approximately 5 mm from the leftmost one. A progressive increase

in the OA signal intensity as the temperature rises is clearly visible in all tubings, see

Figure 2.11a-c. The temperature increase in blood was then estimated from Eq. 2.9,

where the F factor was obtained according to Eq. 2.7. The estimated temperature

increase inside the three tubings is plotted in Figure 2.11d (dashed lines). For cal-

culating the relative signal increments in this experiment, a reference OA image (the

baseline image) was taken as the average of 50 frames preceding the ablation proce-

dure.

As measured, lower temperature increments resulted in larger disagreement between

the optoacoustically-estimated temperature values and those measured with the ther-

mocouples. Figure 2.11e indicates that the relative deviations in F remain below

10% if the temperature increases by at least 3 °C.These deviation can be partially at-

tributed to the relative uncertainty in the measured ∆p0 values, see Eq. 2.9, originat-

ing from the noise in OA measurements. It must be also highlighted that discrepancy

may also result from inaccuracies in the theoretical F values that were calculated as-

suming a homogeneous water medium.

In order to accomplish high resolution temperature mapping in real highly hetero-

geneous tissues, as it is a much more challenging task than pointwise temperature

estimations since temperature diffusion while temperature rises will take place, we

implemented a thermal diffusion model. The complexity of the problem arises when

one thinks that the temperature elevation due to laser-induced heating depends on

both the local light fluence distribution and the optical absorption coefficient. As a

result, a highly non-uniform temperature distribution is expected to occur in hetero-

geneous tissues with many locations exhibiting low absorption or otherwise insignif-

icant temperature alterations that cannot be accurately estimated by OA. To find a

middle ground solution to these problems we therefore assumed that only voxels

that generated OA signals above a certain threshold were reliable temperature esti-

mates, set to 20% of the maximum signal in the entire 3D image stack recorded that

corresponds to the time when the maximum contrast coming from the maximum
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temperature reached takes place. The remaining 20% of the voxels temperature was

assumed to be mainly increased by means of temperature diffusion from adjacent

voxels exhibiting higher absorption values. The model based on the heat diffusion

equation to dynamically estimate the volumetric temperature distribution is [122]

∂T (r,T )

∂t
−D∇2T (r, t ) = Q(r, t )

ρCp
(2.10)

where T (r, t ) is the spatio-temporal map of the temperature increase, Q(r, t ) is the

heat absorbed in the tissue per unit volume and unit time and D = k/ρCp is the ther-

mal diffusivity, being k the thermal conductivity in [W/m◦C]. The Green’s solution to

Eq.2.10 is given by

T (r, t ) =
∫ t

0

∫
V

Q(r, t )

ρCp
g (r, t ,r ′, t ′)dr ′d t ′ (2.11)

where g (r, t ,r ′, t ′) is given by [122]

g (r, t ,r ′, t ′) = 1

(4πD(t − t ′))3/2
·exp

(
− |r − r ′|2

4D(t − t ′)

)
(2.12)

Eq.2.11 is subsequently approximated by assuming that energy absorption takes place

at finite number of points and time instants, leading to

T (r, t ) ≈∑
i , j

Ti , j (r, t ) (2.13)

where

Ti , j (r, t ) = Ei (t j )

ρCp

(
1(

4πD(t − t j )
)3/2

)
·exp

(
− |r − ri |2

4D(t − t j )

)
(2.14)

For values that did exceed 20% of the maximum of the full stack, the temperature was

solely estimated by relying on the instantaneous OA signal values T (ri , t j ) without

considering thermal diffusion.
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∆Ti (t j ) = T (ri , t j )−T (ri , t j −∆t ) (2.15)

Once having the thermal diffusion, we proceeded to test the performance of the pre-

sented approach on a post-mortem mouse ablation.

FIGURE 2.12: Volumetric OA monitoring of temperature during photothermal ther-
apy performed in a mouse post mortem. (a) Transverse and lateral MIPs of the re-
constructed OA volumes at different time points during the treatment. The tip of
the ablation fiber is located approximately at the center of the displayed volumes.
(b) Transverse and lateral MIPs of the estimated temperature maps at the same time
points. (c) Actual temporal traces of temperature from the points labeled in (a). [33]

Figure 2.12 shows the reconstructed OA maximum intensity projections (MIPs) along

the transverse and sagittal views for three different instants during the photothermal

ablation. The OA images deliver 3D maps of the mouse anatomy at high spatial res-

olution in the 150 µm range while also showing rapid OA signal variations closely

following the temperature rise. The dynamic temperature maps estimated via the

methodology described in the Methods section are shown in Figure 2.12b. The plots
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shown in Figure 2.12c depict the temporal evolution of the temperature profiles at

5 different locations, see Figure 2.12a. The points closer to the ablation fiber expe-

rience more pronounced temperature rise in the first few seconds following initia-

tion of the ablation procedure and reach the maximum temperature approximately

when the ablation laser is switched off, see Figure 2.12. Alternatively, lower peak

temperatures and slower temperature changes are exhibited at locations away from

the ablation fiber adjoining locations. Yet, due to thermal diffusion being the dom-

inant effect maintaining the energy balance, temperature remains constant in those

distant regions, see Figure 2.13.
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FIGURE 2.13: Real-time optoacoustic temperature monitoring during photother-
mal therapy video screenshots. Left: Volumetric OA image sequence. Right: Volu-

metric sequence of the estimated temperature maps during laser ablation. [33]

The method detailed in this section represents a new high-resolution volumetric

temperature monitoring approach based on real-time acquisition of three-dimensional

OA data, coupled with a thermal-diffusion-based model of heat distribution in tis-

sues. It is expected that the present results anticipate the applicability of the sug-

gested approach in various procedures involving laser-induced ablation in particular

and thermal therapies in general.
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2.4 Four-dimensional Optoacoustic Monitoring of Tis-

sue Heating with Medium Intensity Focused Ultra-

sound

The OA temperature method presented in section 2.3 was further applied during

an hyperthermic treatment that consisted of medium intensity focused ultrasound

(MIFU) used in therapeutic interventions. MIFU with acoustic intensity levels be-

tween those used in echography and HIFU, typically 5-300 Wcm−2, represents a largely

unexplored scientific niche that can lead to combined and cooperative thermal and

non-thermal physical effects in soft tissues for performing physio or cancer therapy,

either directly or via local drug delivery.

In a first calibration phase, two measurements were performed. First, a series of

150 V tone-bursts consisting of 255 cycles (ISPT A = 19.1 Wcm−2) were used to ex-

cite the MIFU array for 15 s. In Figure 2.14, the time dependence of temperature

measured with the thermocouple versus the temperature estimated from the OA im-

age sequence are represented by the solid and dashed blue lines, respectively. In a

second measurement, a series of tone-bursts of 150 V and 125 cycles (ISPT A = 9.4

Wcm−2) were used to drive the MIFU array for 20 s. The corresponding temperature

vales are shown as solid and dashed lines for actual thermocouple temperature and

OA computed temperature respectively.

The experiment was performed using a customized spherical matrix array composed

of 256 piezoelectric elements with 90° (0.59π solid angle) angular coverage. Each el-

ement of the array has an area of 3x3 mm2, central frequency of 4 MHz and >80% de-

tection bandwidth, providing a nearly isotropic imaging resolution of 200µm around

the geometrical center of the sphere. The OA detection array was positioned orthog-

onally with respect to the MIFU array and the entire setup was acoustically coupled

immersed in water, see Figure 2.14.

Optical fluence of ∼11 mJcm−2 was measured at the surface of the sample at 720 nm

illumination wavelength, corresponding to the maximum energy of the laser. The
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pulse repetition frequency of the laser source was set to 10 Hz. The 256 optoacoustic

signals corresponding to all elements of the array were simultaneously acquired at

40 mega-samples per second (MSPS).

FIGURE 2.14: Schematic view of the experimental setup. (a) Drawings of the trans-
ducer array and the US system. (b) Transverse MIP optoacoustic images of the front
and side views of the phantom. (c) Optoacoustic temperature validation (dashed
lines) using the approach proposed in this section. The thermocouple readings
(continuous lines) from the same color, represent the two different US heating pro-

cedures, at 255 (blue) and 125 (red) cycles.

It was observed, that the OA-estimated temperature acceptably matches the ther-

mocouple readings, see Figure 2.14. Specifically, the standard deviations of the dif-

ferences between the corresponding time profiles in Figure. 2.14C are 0.65 °C and

0.88 °C for tone-bursts of 125 and 255 cycles, respectively. The good agreement is

probably a consequence of the fact that the phantom consists of an aqueous solu-

tion, for which Eq. 2.15 is expected to be valid. Inaccuracies may originate from the

discrepancy between the actual location of the thermocouple tip and the analyzed

OA traces.

Secondly, we investigated the possibilities of detecting the MIFU focus which is the

same region of the bovine tissue with highest temperature increase.
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FIGURE 2.15: MIPs of the differential 3D OA images along the z and y directions
from ex-vivo bovine tissue for the US focus located at a reference position right un-
derneath the tissue surface (a) and at 1.5 mm (b) and 3 mm (c) points deeper than

the reference position, respectively. Scalebar – 5 mm.

The difference of the OA images of the bovine tissue taken after and before MIFU

heating (150 V tone-bursts, 255 cycles, are displayed in Figure 2.15. The tissue surface

is indicated with a dashed line. No significant heat diffusion was produced during the

heating period, so that the differential images reliably represent the heated region,

namely, the US focus. The difference in the signal amplitude for the different US

focus depths is due to light attenuation, which also results in a lower signal to noise

ratio (SNR) at deeper locations. This in turn limits the maximum applicable depth

for OA monitoring of the MIFU treatments.
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Lastly, once the system had been calibrated, we investigated further the performance

of temperature mapping in real-time in ex-vivo bovine tissue.

It can be seen that the temperature map estimated for the time point of peak tem-

perature elevation, see Figure 2.16a at 20 s, is tightly centered around the ultrasonic

focus location. On the other hand, the heated region spreads over a larger region at

later time points during the cooling period, see Figure 2.16a at 24 s, which indicates

that thermal diffusion plays a dominant role in carrying the heat further away from

the ultrasonic focus. This is further corroborated in the time traces in Figure 2.16b,

corresponding to the estimated temperatures at three locations indicated in Figure

2.16a.

FIGURE 2.16: Volumetric OA monitoring of temperature during MIFU therapy per-
formed in an ex-vivo bovine tissue. (a) MIPs of the estimated 3D temperature in-
crease maps at different time points along the procedure. Scalebar – 5 mm. (b)
Temporal profiles of the estimated temperature increase for the 3 points labeled in

(a) with their respective color.
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The lack of simple and reliable non-invasive temperature feed-back represents a ma-

jor barrier towards broader adaptation of thermotherapy procedures in pre-clinical

research and clinical routine. With the results presented in this section, volumetric

OA imaging may emerge as a promising tool for quantitative monitoring of the tem-

perature field during thermal therapies. In the experiments performed for this re-

search, the temperature dependence of the Grüneisen parameter was adopted from

an empirical formula for aqueous solutions, which may not accurately represent the

physical reality in soft biological tissues and thus an individual calibration of the

Grüneisen parameter would be preferred in future investigations [119].

The new high-resolution volumetric temperature monitoring methods presented in

this section are based on real-time acquisition of three-dimensional optoacoustic

data coupled with a thermal-diffusion-based model of heat distribution in tissues.

It is expected that the present results anticipate the applicability of the suggested

approach in various procedures involving laser and medium intensity therapeutic

US thermotherapies.

The monitoring approach presented in this section can potentially be applied in

treatments based on selective tissue destruction with HIFU [127]. The advantages

derived from the achieved temperature sensitivity during US heating combined with

the high spatial resolution and fast real-time volumetric imaging rates, are expected

to improve the outcome in various procedures involving low and medium intensity

therapeutic US, such as physical rehabilitation, pain management or neurostimula-

tion [127].

2.5 Optoacoustic Monitoring of RF Ablation Lesion Pro-

gression

Efficient monitoring of ablation procedures is essential for improving the treatment

outcome as well as to avoid unnecessary tissue damage [125]. OA imaging and sens-

ing systems are able to real-time monitor tissue ablation with high contrast and by
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using only non-ionizing excitation [126]. OA presents unique advantages for this pur-

pose since the thermo-elastic conversion efficiency is highly sensitive to temperature

variations, see Eq. 2.6 [127], and tissue coagulation leads to chemical changes fur-

ther affecting the OA signal intensity [128]. These two effects are clearly evinced in

experiments performed for calibrating the temperature dependence of OA signals,

see Figure 2.11. The increase in OA signal intensity per °C remains approximately

constant for temperatures below 50◦C, where it abruptly changes [129].

FIGURE 2.17: Optoacoustic pressure amplitude induced in canine liver during con-
ductive heating and passive cooling. The triangles represent heating without coag-
ulation; circles – heating with coagulation; squares – passive cooling of the sample.

[124]

As showcased in Section 2.3., real-time temperature mapping is reliable for temper-

atures below coagulation thresholds [33]. It is known that the resulting lesion size of

an ablation treatment depends both on temperature and exposure time [15], and OA

temperature readings are inaccurate when ablation is produced [124]. Tissue coagu-

lation further leads to a change in optical attenuation [130], which in turn produces

distortion (spectral coloring) of the absorption spectrum at deep locations.
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Larin et. al., studied the typical OA peak pressure amplitude induced in a canine

liver during conductive heating and passive cooling of the tissue sample, see Figure

2.17. In this thesis, we suggest this approach for characterizing the evolution of the

induced lesion based on identifying sharp positive variations in the OA time profiles

extracted from the sequence of images acquired. Multi-spectral OA imaging, based

on tissue excitation at multiple optical wavelengths, can further provide additional

information encoded both in the time and spectral dimensions in future works [88].

The approach proposed is based on detecting sharp positive variations in the time

derivative of OA signals.

RF ablation was performed in a porcine tissue sample with approximately 10 mm

thickness. Figure 2.18a displays the lay-out of the experimental setup. The RF catheter

containing the electrical excitation was positioned orthogonally to the surface of the

tissue sample. Thermal coagulation began when the tissue resistance to the electrical

input leads to a joule-effect temperature increase above the tissue-specific temper-

ature and time of exposure time for tissue denaturation. The procedure was moni-

tored in real-time by illuminating the region of interest treated beneath the electrode.

The guiding fiber bundle delivered approximately 20 mJ of electromagnetic radiation

provided with a 10 Hz short-pulsed (<10 ns) laser and it diffused and scattered at the

surface of the sample, subsequently leading to an exponential fluence decay in the

direction of the beam path.
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FIGURE 2.18: Schematic view of the experimental setup of the ablation experiment.
(a) Drawings of the OA transducer array and RF system network. (b) Schematic syn-

chronization diagram of the OA and RF excitations and acquisition routines.

Figure 2.19 displays the relative increase in OA signal intensity during ablation for a

point located at 6 mm depth. Considering that soft biological tissues mainly consist

of water, Eq. 2.9 can be taken as a reasonable approximation as increase in temper-

ature is proportional to the relative increase in OA signal. Thereby, the estimated

time profiles of temperature are equivalent to those shown in Figure 2.19 for tem-

peratures below the ablation temperature threshold, typically 50 °C. However, this

approximation is no longer valid when ablation takes place as additional changes in

the Grüneisen parameter are produced.
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FIGURE 2.19: Computational method for estimation of coagulated lesion size dur-
ing RF ablation by means of the OA signal derivative. The higher panel shows the
OA signal increment based temperature computation, the panel below plots the OA

signal derivative.

Testing of the proposed approach was carried out in a porcine heart sample with

an average power of 9W. The estimated temperature time profiles are shown in Fig-

ure 2.19 in the above panel for temperatures below coagulation threshold. The time

point when the ablation temperature threshold is reached can be identified in the

temperature profile, this trigger represents the onset of ablation that serves to esti-

mate how the lesion propagates with time. The panel below in Fig. 2.19 displays

the numerically estimated time derivative of the OA pressure signal (δp0/δt ). Four

different intervals can be clearly distinguished. In the baseline interval, δp0/δt = 0.

δp0/δt subsequently reaches defined positive values in a second and third stage in-

tervals, while it eventually becomes slightly negative in the last interval.

The significant change in δp0/δt between the second and third interval is consistent

with the previously reported change in slope of the OA signal intensity vs. pressure
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when ablation is produced [127]. Ablation begins between the second and third in-

tervals in the δp0/δt curve.

This way, a map of the onset time of ablation can then be estimated from the time

points between the second and third intervals by setting a threshold in δp0/δt for the

voxels in the image. It is also noticeable the decrease at the beginning of the fourth

interval. This is arguably due to the fact that the light fluence is reduced when abla-

tion at deep regions starts. The onset of ablation leads to an increased optical atten-

uation and consequent decrease in light fluence and OA signal in the entire volume.

Thereby, a sharp increase in OA signal is only produced for the timepoints when ab-

lation starts, and the identification of these points represents a robust approach for

assessing the progression of the lesion being formed.
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FIGURE 2.20: Lesion boundary progression dimensions for width (w) and depth (d)
of the ablated tissue displayed with continuous and dashed lines respectively. Ap-
plying the OA signal derivative method (blue), the standard 50°C temperature co-
agulation threshold method (green) and the iterated temperature threshold attain-
ing similar final lesion size as the direct OA derivative method, results in 60°C. (b)
Coagulation boundary regions overlayed on top of the actual fluence-corrected OA
images at different time-points during the treatment and the post-ablation cross-

sectional view of the porcine tissue sample.

The newly suggested approach, see Figure 2.20, based on analyzing the changes in

the temporal derivative of the OA signals does not rely on temperature estimations

and hence it is expected to be more robust than alternative approaches. Indeed, the

temperature ablation threshold can vary for different tissue types and hence the le-

sion size can be erroneously estimated even when considering an imaging approach
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that accurate maps the temperature distribution. Abrupt changes in the OA signal

intensity can also enable identifying the onset of coagulation in ablation procedures

based on a relatively large exposure time. Furthermore, the reported increase in op-

tical attenuation in ablated tissues results in a reduced light fluence at deep locations

[134]. Thereby, positive changes in the time derivative of OA signals are exclusively

due to coagulation and can be detected at any point of the target tissue regardless of

the light delivery method for OA excitation.

The newly suggested method has been enabled by the unique OA capabilities for

high-frame-rate imaging in three dimensions and for sensing chemical transforma-

tions taking place during coagulation. The fact that single wavelength excitation is

sufficient for detecting such changes can also significantly reduce the cost of clini-

cal embodiments. These features, along with the fact that non-ionizing radiation is

employed, represent unparalleled advantages of OA with respect to other imaging

modalities that can potentially be used for fast RFA detection.
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Lack of haptic feedback during laser surgery makes it dif-
ficult to control the incision depth, leading to high risk of
undesired tissue damage. Here, we present a new feedback
sensing method that accomplishes noncontact real-time
monitoring of laser ablation procedures by detecting shock
waves emanating from the ablation spot with air-coupled
transducers. Experiments in soft and hard tissue samples
attained high reproducibility in real-time depth estimation
of the laser-induced cuts. The advantages derived from the
noncontact nature of the suggested monitoring approach
are expected to advance the general applicability of laser-
based surgeries. © 2016 Optical Society of America
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Ablation of tissue; (150.5495) Process monitoring and control;

(110.5125) Photoacoustics; (110.5120) Photoacoustic imaging.
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Laser surgery is an advantageous alternative to scalpel-based
procedures, which are often afflicted with excessive mechanical
traumatization and bacterial contamination. Pulsed laser abla-
tion results in vaporization and ejection of tissues, leading to
generation of laser-induced shock waves at the incision spot.
This ablation mechanism is already exploited by an ample spec-
trum of laser–tissue applications [1–3]. For example, it has
been shown that efficient laser osteotomy can be performed
at laser fluence levels of around 160 J∕cm2 [4]. Laser-based in-
cisions offer minimally invasive intervention with less collateral
damage, more efficient hemo- and bacterio-stasis, and less post-
operative pain and swelling [5]. These advantages have inspired
the application of pulsed laser surgery in a wide range of clinical
procedures involving cutting soft and connective tissues, e.g., in
dermatology, ophthalmology, or oncology [5–9].

To this end, a number of optical and acoustic readout
mechanisms have been proposed for monitoring laser surgeries
[10–13]. However, lack of accurate haptic feedback and real-
time control over the lesion profile remain the major challenges
of laser-based surgical procedures, severely limiting the range of

potential applications. Monitoring of the incision depth also
has been attempted using kinesthetic and vibrotactile haptic
feedback [14], yet only initial demonstration in homogenous
agarose phantoms for a limited penetration depth of 1–2 mm
was presented. Recently, it was demonstrated that acoustic
detection of shock waves can be used as a feedback mechanism
to monitor the incision depth during laser ablation. By using a
matrix array of ultrasound detection elements, the feasibility of
3D localization of the incision profile was showcased in ex vivo
samples [15]. However, the need of an acoustic matching
medium (typically water or ultrasound gel) between the ablated
tissue and the feedback detector may affect the achievable
ablation rate by altering the effective heat capacity of the tissue
surface while the contact-based approach may further hamper
the general applicability of such monitoring method in a real
clinical setting.

It has been previously shown that the noncontact detection
of pressure (ultrasound) waves from remote locations is possible
by means of air-coupled transducers [16], which are specifically
designed to reduce the tremendous acoustic mismatch between
air and ultrasound sensing elements. Efficient coupling to the
air medium can be performed with micro-membrane capaci-
tance transducers [17] or with piezoelectric sensors coupled
with microporous layers, with the latest approach more conven-
ient for frequencies above 1 MHz [18]. Air-coupled transducers
have recently been shown to provide sufficient sensitivity for
performing noncontact optoacoustic (OA) imaging using laser
fluence levels below 20 mJ∕cm2 [19]. It is therefore expected
that air-coupled detection is the ideal candidate for efficient
detection of shock waves generated during laser ablation pro-
cedures, which often involves fluence levels beyond 10 J∕cm2

[20]. In this Letter, we investigate the feasibility of monitoring
the incision depth in laser cutting by measuring the time
of flight of the generated pressure waves with air-coupled
transducers.

A layout of the experimental setup is shown in Fig. 1(a).
Laser ablation was performed with a frequency-doubled
Q-switched Nd:YAG laser (Spectra Physics, Santa Clara, CA)
operating at 532 nm with a pulse duration of approximately
7 ns. In order to create ablation, we used per-pulse energies

2704 Vol. 41, No. 12 / June 15 2016 / Optics Letters Letter

0146-9592/16/122704-04 Journal © 2016 Optical Society of America



above 40 mJ and a pulse repetition frequency of 15 Hz. The
laser beam was focused using a lens with 150 mm focal distance
(Thorlabs, Newton, NJ). In all experiments, the focal point
was located ∼3 mm under the tissue surface. We characterized
the ablation beam size as a function of distance using a camera-
based SP620U beam profiler (Spiricon Ophir Photonics, North
Logan, UT). The beam diameter shrinks down to 30 μm at the
focus, inducing fluence levels up to 5 KJ∕cm2 [Fig. 1(b)].
Under these conditions, the laser beam was able to perform
deep incisions in both soft and hard (bone) tissue. Specifically,
three different types of tissue were ablated, including liver
cheese (German: leberkäse), chicken breast, and chicken bone.
While leberkäse samples are considered to be relatively hetero-
geneous, fat and connective tissue were removed from the
chicken breast and bone tissues, resulting in more homo-
geneous samples.

Shock waves emitted from the ablation spot were detected
with a self-developed unfocused air-coupled piezoelectric
transducer with a central frequency of 0.8 MHz and −6 dB
bandwidth of 0.4 MHz [21]. The transducer is based on a flat
1–3 piezocomposite with a 20 mm diameter active area. It was
positioned at an acoustic travel distance of 50 mm from the
tissue surface using a glass slide oriented at 45° so that the
focused light beam can propagate without changing its direc-
tion while the acoustic waves are reflected at 90° (Fig. 1). The
pressure signals collected by the transducer were amplified by
30 dB and digitized at 10 megasamples per second with 12 bit
vertical resolution by means of a PCI Express acquisition card
(Model ATS9351, AlazarTech, Pointe-Claire, QC, Canada)
triggered with the Q-switch output of the laser.

The time of arrival of the measured shock waves was esti-
mated as the instant for which the pressure signal level exceeds a

defined threshold, which was set to 16% of the maximum value
for the entire signal sequence. It was further assumed that the
ablation spot is always located at the bottom of the cut so that it
deepens as the incision progresses, thus increasing the delay in
the time of arrival of the waves at the transducer surface. The
time of flight difference (TOFD) of the generated shock waves
due to propagation inside an open cut is then estimated as the
difference in the time of arrival T i for each detected shock wave
with respect to an average time of arrival T 0 for the signals
generated by the first 20 laser pulses.

Assuming the speed of sound within the incision ci is
known, one could provide an estimate on the incision depth
d according to

d � ci · TOFD: (1)
In the experiments, we used 40 leberkäse samples, 30 sam-

ples of chicken breast, and 20 samples of chicken bone. The
incision depths ranged from 1 to 4 mm for soft tissue samples
(leberkäse and chicken breast) and from 1 to 8 mm for the
osseous tissues. The thickness of the samples was ∼10 mm.
Figures 2(a)–2(c) show examples of the time-resolved signals
recorded by the air-coupled transducer for the three different
tissue types. The recorded waveforms are increasingly delayed
as the incision progresses, indicating deepening of the lesion.
Figures 2(d)–2(f ) show three examples of the measured
TOFD of the shock waves for the entire pulse sequence. It
is generally expected that the shock waves generated by the laser
pulse propagate at supersonic speeds in the immediate vicinity
of the ablated spot but rapidly slow down to the speed of sound
for normal (linear) wave propagation [3].

Note, however, that the different tissues exhibit significant
variations in the TOFD. For instance, a 2 μs delay of the time
of arrival was observed for leberkäse [Fig. 2(d)] following 300
laser shots, whereas the corresponding delay for the chicken
breast [Fig. 2(e)] and bone [Fig. 2(f )] was 5.5 and 1 μs, respec-
tively. One also may note that the time of arrival slightly
decreases in the starting phase of the bone tissue ablations

Fig. 1. (a) Layout of the experimental setup. ACT, air-coupled
transducer; DAQ, data acquisition. The glass slide (1.1 mm thickness)
is positioned at 45° relative to the propagation direction of the shock-
waves so that the acoustic waves are reflected at 90° into the ACT.
(b) Ablation beam characterization in the vicinity of the focal region.
Typical beam shapes are shown in the inset. The effective depth of
focus is approximately 5 mm.

Fig. 2. Illustration of the method used to estimate the speed of
sound within the incision profile for different tissue types. Examples
of the recorded signals for (a) leberkäse, (b) chicken, and (c) bone. Each
color corresponds to three different instants, namely, pulse #100,
#250, and #400 after the ablation start. Evolution of the correspond-
ing TOFD is shown in (d)–(f ).
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[see a representative example in Fig. 2(f )], which may be attrib-
uted to accumulation of thermoelastic effects at the tissue sur-
face before the actual tissue vaporization takes place. In general,
the time of arrival exhibits unsteady behavior in the starting
phase of the ablation for all tissue samples. Most time-resolved
signals are also characterized by lengthy oscillations, presum-
ably due to residual light absorption in previously generated
tissue debris within the crater. Some abrupt variations in the
time of arrival also can be attributed to random ablation events
occurring in particles suspended in air before the light pulses
reach the tissue. The values of the speed of sound inside the in-
cision profile were estimated by considering the actual (final) in-
cision depth d f measured in post-ablated tissue slices and the
average time of flight difference recorded for the last 20 laser
pulses TOFDf via

ci � d f ∕TOFDf : (2)

The calculated values of ci are shown in Fig. 3 as a function
of the measured final incision depth. One may note that, for
soft tissue samples, the average estimated ci increases versus in-
cision depth [Figs. 3(a) and 3(b)]. Specifically, ci reaches aver-
age values of 750 and 570 m∕s for 3–4 mm cuts in the
leberkäse and chicken breast specimens, respectively. For shal-
low incisions, the average ci values remained close to the speed
of sound in air (343 m∕s for dry air at 20°C). This may indicate
that deeper cuts in soft tissue samples (leberkäse and chicken
breast) have been filled up with material expelled by the
ablation events, so that the shock waves propagate through a
mixed air–tissue medium. Conversely, the average value of ci
better matches the speed of sound in air for bone samples, even
for considerably deeper cuts [Fig. 3(c)]. This implies that the
extracted volume is mainly filled with air during the ablation
of bones. Finally, by substituting the ci values according to the
linear fits in Figs. 3(a)–3(c) and the measured TOFD values
from Fig. 2 into Eq. (1), one may obtain real-time
estimates for the incision depth for the three experiments
presented in Fig. 2, as shown in Figs. 3(d)–3(f ). The actual

incision profiles corresponding to the measurements presented
in Figs. 3(d)–3(f ) are further shown in Figs. 3(g)–3(i).

The presented results demonstrate basic feasibility of attain-
ing real-time feedback on the laser-induced incision depth by
means of noncontact detection of the generated shock waves
with air-coupled transducers. Several clinical applications may
greatly benefit from this newly discovered approach. In melanin
pigmentation treatments, maxillofacial surgery, and precancer-
ous lesion or benign tumor removal, the performance of
laser-based surgery procedures is often hindered by the lack
of online depth monitoring. According to the presented results,
our method is anticipated to provide accurate estimates on the
incision depth in bones, making it ideally suited for accurate
monitoring of lesion depth in laser osteotomy. Accordingly,
the higher variability of speed of sound inside soft tissue inci-
sions is expected to introduce corresponding uncertainties into
the incision depth estimates. However, this variability remains
low for incision depths below 1–2 mm where the method is
expected to provide accurate estimates.

An efficient handheld design is a key next step for translating
this technology into common clinical setting, which also would
necessitate devising a different light guiding approach. Yet, a
certain window of applicability also may exist for stationary
ablation systems design. It is expected that more accurate selec-
tion and calibration of the ablation parameters for the different
tissue types (laser energy, focal distance, optical fluence at the
surface) may further enhance the performance of the method.

In conclusion, we presented a new method for monitoring
laser ablation procedures, which accomplishes real-time
tracking of the incision depth by detection of shock waves em-
anating from the ablation spot with air-coupled transducers.
The advantages derived from the noncontact nature of the sug-
gested monitoring approach are expected to advance the general
applicability of laser-based surgeries.
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12 Radio frequency (RF) catheter ablation is commonly used
13 to eliminate dysfunctional cardiac tissue by heating via an
14 alternating current. Clinical outcomes are highly dependent
15 on careful anatomical guidance, electrophysiological map-
16 ping, and careful RF power titration during the procedure.
17 Yet, current treatments rely mainly on the expertise of the
18 surgeon to assess lesion formation, causing large variabil-
19 ities in the success rate. We present an integrated catheter
20 design suitable for simultaneous RF ablation and real-time
21 optoacoustic monitoring of the forming lesion. The cath-
22 eter design utilizes copper-coated multimode light guides
23 capable of delivering both ablation current and near-
24 infrared pulsed-laser illumination to the target tissue.
25 The generated optoacoustic responses were used to visualize
26 the ablation lesion formation in an ex-vivo bovine heart
27 specimen in 3D. The presented catheter design enables
28 the monitoring of ablation lesions with high spatiotemporal
29 resolution while the overall therapy-monitoring approach
30 remains compatible with commercially available catheter
31 designs.

Published by The Optical Society under the terms of the Creative

32 Commons Attribution 4.0 License. Further distribution of this work

33 must maintain attribution to the author(s) and the published article’s

34 title, journal citation, and DOI.
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37
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38 Radio frequency catheter ablation (RFCA) is used for coagula-
39 tion and destruction of dysfunctional tissues in the fields of
40 oncology [1], cardiology [2], dermatology [3], and vascular dis-
41 eases [4]. One common application in cardiology is the elimi-
42 nation of abnormal electrical pathways responsible for cardiac
43 arrhythmias [2], particularly those shown to be resistant to drug
44 therapy [5]. Much like other thermal ablation procedures,

45RFCA results in localized coagulation and desiccation of the
46target tissue while avoiding uncontrolled damage to neighbor-
47ing structures. The ablation procedure is generally guided by
48electrophysiological and anatomic mapping as well as by careful
49radio frequency (RF) power titration [6]. The size of the in-
50duced lesion is mainly determined by the extent and duration
51of the heat-affected area. Hence, real-time treatment monitor-
52ing is essential to optimize the outcome of the intervention.
53The ablation process is usually monitored via simple temper-
54ature or impedance measurements at the ablation tip [7,8].
55However, heat diffusion and the use of irrigated ablation tips
56can substantially affect the size and shape of the heated area,
57resulting in failed treatments [9]. To this end, several imaging
58techniques have been proposed for ablation monitoring. For
59example, intravascular ultrasound (IVUS) and magnetic reso-
60nance imaging (MRI) allowed for a more precise placement
61and navigation of the ablation catheter and visualization of
62the RFCA-induced morphological tissue alterations [10].
63Transformations of the tissue composition in coagulated or de-
64siccated areas result in light scattering and absorption changes
65detectable via optical methods, such as spectroscopy or optical
66coherence tomography (OCT) [11]. Infrared thermal imaging
67furthermore allows the quantification of tissue temperature
68with high resolution, but is restricted to superficial tissues
69[12]. Ultrasound (US), x-ray computed tomography (CT),
70or MRI images were shown sensitive to temperature variations
71in the tissue; however, real-time mapping of lesion formation is
72impeded with these techniques due to either limited temporal
73resolution or low contrast [13].
74Optoacoustics (OA) has been suggested for ablation mon-
75itoring as early as 1993 [14], chiefly owing to its high sensitivity
76to changes in optical properties resulting from chemical trans-
77formations in ablated tissues [15] and to temperature variations
78[16]. OA has been used for temperature monitoring in forming
79lesions [17] and recently adopted for volumetric tomographic
80ablation monitoring in real time [18]. Volumetric OA tomog-
81raphy has also been shown to clearly discern vascular and
82organ morphology as well as extrinsically labeled structures

1
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83 in vivo [19], making it highly suitable for precise anatomical
84 navigation. The high imaging speed of state-of-the-art OA
85 tomography is efficient in capturing the dynamics of RFCA
86 treatments with subsecond temporal resolution in two [15]
87 and three dimensions [18]. However, in previous studies the ex-
88 citation light was delivered into the ablated area through thick
89 layers of turbid tissues, limiting applicability in realistic clinical
90 scenarios involving monitoring of deep tissue lesions [20].
91 Herein, we present a conceptually different approach for
92 simultaneous RF ablation and OA monitoring (RAOM) of
93 the lesion formation. It combines the delivery of both electrical
94 current and pulsed light within a single catheter (Fig. 1) while
95 detection of the generated OA responses is performed from
96 outside the body using a spherical matrix array for optimal
97 volumetric OA image formation. The integrated catheter con-
98 sists of a bundle of 96 copper-coated multimode fibers
99 [Fig. 1(a)]. The excitation light and electrical current are

100 coupled into the proximal end of the bundle [Fig. 1(b)] and
101 are delivered to the tissue at its distal end [Fig. 1(c)]. The indi-
102 vidual, custom-made light guides consist of step-index multi-
103 mode optical fibers with a silica core and a fluorine-doped glass
104 cladding, enabling efficient propagation of visible and near-
105 infrared light with a transmission efficiency of approximately
106 30%. The fibers have a core diameter of 200 μm (220 μm
107 including cladding) and a numerical aperture (NA) of 0.2.
108 The light guides are further coated with a 25 μm thin copper
109 film [Fig. 1(d)]. The copper coating was removed at the proxi-
110 mal end of the bundle to maximize light coupling efficiency.
111 This was achieved by closely packing the fibers within a con-
112 ventional optical fiber connector (inner diameter 2.5 mm,
113 SMA905, Thorlabs, Newton, USA) and securing them using
114 a high-temperature epoxy (353NDPK, Thorlabs, Newton,
115 USA). After the epoxy was cured, the proximal end was
116 polished to optical quality. Figure 1(b) shows the facet of
117 the polished proximal. A low-resistance electrical connection
118 between the separate copper-coated light guides was achieved

119using solder in the vicinity of the proximal end. Additionally,
120a copper cable was soldered to the same location, enabling
121the connection to the RF generator. The copper-coated light
122guides align to each other in a nearly hexagonal pattern ensuring
123an even distribution of the ablation current at the distal tip. The
124bundle was embedded into a steel ferule with an outer diameter
125of 6 mm and an inner aperture of 4 mm using high-temperature
126epoxy and polished to optical quality. The minimal short-term
127bending radius of the copper-coated fibers was experimentally
128found to be 2 mm, comparable to conventional 200 μm fibers,
129while the bending radius of the assembled bundle was less than
1308mm. Figure 1(c) shows the polished facet of the distal end with
131and without light transmitted through the catheter. The as-
132sembled RAOM catheter [Fig. 1(d)] was electrically insulated
133using PVC tubing (Tygon, Carl Roth GmbH, Karlsruhe,
134Germany), only exposing the ablation tip at the distal end. A
135schematic of the simultaneous RF ablation and OA signal de-
136tection experiment is shown in Fig. 1(e). The ultrasound array
137consists of 256 detection elements distributed on a spherical cap
138with 90° apex angle (0.59π solid angle) and 4 cm radius. Its indi-
139vidual elements have a central frequency of 4 MHz and 100%
140detection bandwidth, resulting in nearly isotropic 3D imaging
141resolution of ∼200 μm around the geometrical center of the
142sphere. OA signal excitation was achieved via an optical-para-
143metric-oscillator-(OPO)-based laser (Innolas Laser GmbH,
144Krailling, Germany) coupled into the proximal end of the
145RAOM catheter. The distal end of the catheter delivered short
146(<10 ns) laser pulses with ∼6 mJ energy and pulse repetition
147rate of 10 Hz, resulting in light fluence of ∼48 mJ∕cm2 at
148the fiber tip. The wavelength of the laser was tuned to
149780 nm, corresponding to the highest lesion-specific OA
150contrast [18]. The 256 detection channels were simultaneously
151digitized at 40 megasamples per second by a custom-made
152data acquisition system (Falkestein Mikrosysteme GmbH,
153Taufkirchen, Germany) triggered by the Q-switch output of
154the laser. The same trigger signal was used to switch off the
155RF current during the OA signal acquisition to avoid signal
156cross-talk. The acquired signals were deconvolved with the
157impulse response of the matrix array elements and bandpass
158filtered between 0.1 and 2 MHz to smoothen the images. The
159reconstructions were performed with a graphics-processing-
160unit-based 3D back-projection algorithm [21,22].
161Performance of the RAOM catheter was first separately
162characterized in the OA imaging and RF ablation modes. For
163OA imaging, we used a two-layer agarose phantom [Fig. 2(a)].
164The first layer mimicked strong tissue scattering and was used
165to quantify the OA signal levels generated by the catheter tip
166due to back-scattered light. It consisted of a 3 mm thick layer of
167agarose mixed with 1.2% (by volume) of Intralipid. The second
1681.5 mm thick layer of the phantom mimicked tissue optical
169absorption of μa � 0.66 cm−1 at 780 nm [23] and comprised
170agarose mixed with ink. The distal end of the catheter was posi-
171tioned in direct contact with the scattering layer of the phan-
172tom, and OA imaging was performed without RF ablation.
173Figure 2(b) displays the side view of the recorded volumetric
174OA image where the absorbing layer is clearly visible at a depth
175of 3 mm in the phantom (P). Part of the light emitted by the
176catheter is back-scattered toward the ablation tip where it is
177absorbed by both the copper surrounding the light guides as
178well as the steel ferule [see Fig. 1(a)]. The signal generated
179at the catheter tip (C) is, however, much weaker in comparison

F1:1 Fig. 1. Design and application of the combined RAOM catheter.
F1:2 (a) The catheter ablation tip, comprising copper-coated light
F1:3 guides embedded in a steel ferule using high-temperature epoxy.
F1:4 (b) Proximal end facet of the catheter, optimized for high light cou-
F1:5 pling efficiency. (c) Distal end facet of the catheter, delivering both RF
F1:6 current and pulsed-light illumination. (d) Fully assembled bundle.
F1:7 (e) Layout of the combined RAOM monitoring experiment.
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180 to that generated by the tissue-mimicking absorbing layer. The
181 catheter tip also acts as a partial acoustic reflector of the omni-
182 directional OA signals generated in the phantom. This results
183 in shadow signals detected by the transducer (R). However,
184 these artifacts do not interfere with the signals originating from
185 the region of interest and can easily be cropped. The top view
186 of the volumetric OA image shown in Fig. 2(c) further
187 illustrates the uniform illumination provided by the RAOM
188 catheter. Ablation performance of the RAOM catheter was sub-
189 sequently evaluated by generating lesions in a porcine heart
190 tissue sample. The catheter was connected to a custom-built
191 generator allowing precise control of the output RF power.
192 The samples were immersed in phosphate-buffered saline
193 (PBS, Sigma Aldrich, St. Louis, USA) and the ground electrode

194with 20 cm2 area was positioned under the tissue. The catheter
195delivered tone bursts of electric current at 20 kHz carrier fre-
196quency with a duty cycle of 3% (600 cycles in a burst, 10 Hz
197repetition frequency). On average, 9 W of electric power was
198delivered for 10 s, 20 s, 40 s, and 60 s into the tissue samples.
199Photographs of the generated lesions are shown in Fig. 2(d).
200The catheter formed a homogenous white coagulum having
201a typical pallor and a small depression due to desiccation with-
202out any visible charring. Longer ablation durations generated
203deeper lesions, reaching a maximal depth of ∼1 cm after
20460 s. The tissue beyond the coagulation region appears unaf-
205fected in all four tissue samples. The uniform lesion shape in-
206dicates a homogenous current distribution due to the evenly
207distributed copper-coated light guides.
208The real-time ablation monitoring performance was then
209evaluated in a 4 cm thick porcine tissue sample, which was
210placed between the RAOM catheter and the surface of the
211spherical detection array. Ablation was carried out for 30 s,
212and OA signals were acquired for 180 s to cover the cooling
213period. Light fluence decay was volumetrically corrected by di-
214viding the reconstructed volumetric image with the solution of
215the light diffusion equation for a point source, i.e., a 3D
216exponential decay in the form of �1∕d � exp�−μeff d �, where
217μeff � 3 cm−1 is the effective attenuation coefficient and d
218is the distance in centimeters between the corrected voxel
219and the distal end of the fiber bundle. For distances d smaller
220than the radius of the ablation tip, the fluence was assumed to
221be constant. This particular correction function was applied as a
222purely qualitative measure aimed at achieving better contrast
223uniformity across the OA images.
224Figure 3 displays OA images of the porcine tissue sample
225prior [Fig. 3(a)], during [Fig. 3(b)] and after [Fig. 3(c)] the
226RF ablation procedure together with an OA signal time trace
227of a coagulated and a noncoagulated voxel [Fig. 3(d)]. As
228expected, the lowest OA signal intensity appears prior to the
229ablation due to the lowest temperature in the sample and lack
230of coagulation. A strong increase in the OA signal amplitude
231can be observed as the lesion progresses [Fig. 3(b), first 30 s in
232Fig. 3(d)]. The signal increase is attributed to the enhanced
233lesion contrast associated to tissue coagulation [15] as well as
234to the strong temperature dependence of the Grüneisen param-
235eter in tissues [16]. While previously suggested approaches were
236afflicted by strong light attenuation in deep tissues thereby

F2:1 Fig. 2. Characterization of the RFOA catheter in standalone OA
F2:2 imaging and RF ablation modes. (a) Experimental arrangement for
F2:3 OA imaging with the catheter placed in direct contact with a scattering
F2:4 and absorbing phantom. (b) Reconstructed volumetric OA images of
F2:5 the phantom containing signals generated by the absorbing layer (P)
F2:6 and the catheter tip (C) as well as the signal reflected by the catheter
F2:7 tip (R). Maximal intensity projection (MIP) along the x direction is
F2:8 shown. (c) The corresponding MIP image made along the depth (z) di-
F2:9 rection over the range indicated by the gray-dashed lines in panel (b).

F2:10 (e) Top- and side-view photographs of lesions generated in porcine
F2:11 heart tissue.

F3:1 Fig. 3. Real-time OA monitoring of RF ablation in ex-vivo porcine heart tissue. (a) OA images acquired from unablated tissue. (b) Noninvasive
F3:2 OA imaging of the lesion formation in 3D. (c) OA image acquired after the cooldown phase along with the photograph of coagulated area from a
F3:3 sliced specimen. Images on the top are top-view MIPs while the bottom row shows a single (z–y) slice through the center of the reconstructed OA
F3:4 volumes, as indicated by the white-dashed line in (a). (d) Time evolution of the OA signal during and after RF ablation in the locations indicated in
F3:5 panel (b).
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237 necessitating signal averaging [15], direct delivery of the exci-
238 tation light into the ablated region via the catheter-based
239 approach allows for monitoring of lesion without signal aver-
240 aging. This represents a significant advantage of the integrated
241 RAOM method for real-time clinical application. In Fig. 3(c)
242 the OA images are further compared to gross pathology of the
243 specimen taken after the RF ablation experiment, confirming a
244 uniform coagulum without charring and a good qualitative
245 correspondence between the yellow colored volume in the
246 OA images and the appearance of coagulated area in the sliced
247 specimen. As expected, cooler tissue [Figs. 3(c) and 3(d),
248 t � 180 s] exhibits lower OA signal levels as compared to
249 the end of ablation time point (t � 30 s), this is attributed
250 to the temperature dependence of the OA signals [16]. The
251 OA signal levels at t � 180 s remain higher than in the pre-
252 ablated specimen, supposedly due to incomplete cooldown and
253 residual thermal diffusion effects in the rest of the sample.
254 Note, however, that the signal in the coagulated zone [blue
255 square in Fig. 3(b)] does not decline significantly during the
256 cooldown period [blue plot in Fig. 3(d)]; this is ascribed to
257 an increase in optical absorption coefficient caused by denatur-
258 ized tissue proteins in the coagulum [17].
259 The presented results illustrate the basic feasibility of the sug-
260 gested integrated RAOM approach for simultaneous RF abla-
261 tion and real-time OA monitoring of the lesion progression.
262 Because of direct light delivery through the catheter, the ablated
263 region is efficiently illuminated, thus enabling monitoring of
264 deep-seated lesions. Evidently, in vivo experimentation is essen-
265 tial to demonstrate the applicability of the proposed monitoring
266 configuration in a real clinical setting. For this, several outstand-
267 ing technical issues need also to be addressed. The ablation tip
268 diameter of 6mm is to be reduced to the typical 4mm electrodes
269 used in RFCA; this can be achieved by reducing the size of the
270 encapsulating steel ferrule, packing the copper-coated fibers
271 more densely, and/or reducing the number of fibers, the last also
272 resulting in a more flexible catheter design. This would allow for
273 the integration of the RAOM catheter into conventional steer-
274 able catheter shafts, thus adding additional functionality, such as
275 electrocardiographic and temperature monitoring at the tip.
276 Both the ablation catheter and its tip could be further adapted
277 to fit different types of ablation procedures. For instance, RF
278 tumor ablation is regularly performed with large-area ablation
279 catheters, achievable by using a longer steel ferule at the ablation
280 tip of the RAOM catheter [24]. The presented results indicate
281 the basic feasibility of identifying changes related to tissue heat-
282 ing and coagulation with the suggested RAOM approach,
283 making its potential combination with existing catheter and
284 monitoring modalities simple and cost-effective. We observed
285 dynamic changes in the OA images of forming RF lesions that
286 corresponded well with the gross lesion pathology. However, the
287 observed changes in the OA signal allow for only a qualitative
288 assessment of the forming lesion, as the method does not allow
289 for differentiating between alterations in the optical absorption
290 due to coagulation versus changes of the temperature-dependent
291 Grüneisen parameter. This can be possibly achieved via a multi-
292 spectral imaging approach [25], thus attaining both real-time
293 and quantitative feedback on the temperature distribution
294 and the size of coagulated area during the intervention.
295 Yet, real-time temperature mapping may still be possible in
296 uncoagulated tissue areas where no alterations of the optical tis-
297 sue properties have occurred [25].

298In conclusion, the suggested catheter combining RF abla-
299tion and light delivery for OA excitation in a single flexible
300and adaptable design represents an advantageous solution for
301optimizing the outcome of RFCA interventions. The high
302spatiotemporal resolution and deep-tissue imaging capacity
303of the integrated ablation monitoring approach anticipate its
304general applicability in a number of RF ablation procedures.
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Volumetric Optoacoustic 
Temperature Mapping in 
Photothermal Therapy
Francisco Javier Oyaga Landa1,2, Xosé Luís Deán-Ben1, Ronald Sroka3 & Daniel Razansky1,2

Photothermal therapy and ablation are commonplace medical procedures employed for treatment of 
tumors, vascular and brain abnormalities as well as other disorders that require selective destruction 
of tissues. Yet, accurate mapping of the dynamic temperature field distribution in the treated region 
represents an unmet clinical need, strongly affecting the clinical outcome of these interventions. We 
introduce a fast three-dimensional temperature mapping method based on real-time optoacoustic 
sensing of the treated region coupled with a thermal-diffusion-based model of heat distribution in 
tissues. Deviations of the optoacoustic temperature readings provided at 40  ms intervals remained 
below 10% in tissue-mimicking phantom experiments for temperature elevations above 3 °C, 
as validated by simultaneous thermocouple measurements. Performance of the new method to 
dynamically estimate the volumetric temperature distribution was further showcased in post-mortem 
mouse imaging experiments. The newly discovered capacity to non-invasively measure the temperature 
map in an entire treated volume with both high spatial and temporal resolutions holds potential for 
improving safety and efficacy of light-based therapeutic interventions.

Thermal therapies are widely employed in clinical practice, from selective ablation of cancerous tissues, benign 
hyperplasias and varicose veins to elimination of subcutaneous fat, cardiac arrhythmias and enhanced drug 
delivery1–6. Several sources have been considered for the heating purposes, among them laser light, focused ultra-
sound, radio-frequency current and microwaves2. Laser-induced thermotherapy (LITT), also referred to as laser 
ablation, has gained popularity due to its important advantages, such as minimal invasiveness, low hardware costs 
and reduced treatment time3, 4. LITT employs laser radiation as an energy source, often guided through optical 
fibers to the target tissue as e.g. in percutaneous laser ablation (PLA) or endovenous laser therapy (ELT). In addi-
tion, light-absorbing agents are often used to target photothermal procedures and further serve as theranostic 
agents5–7. For example, semiconducting polymer nanobioconjugates have been recently suggested as theranostic 
amplifiers for combined optoacoustic (OA) imaging and photothermal therapy8 as well as for targeted photother-
mal activation of neurons9.

Both the temporal and the spatial temperature distribution in the treated tissue play a crucial role in the out-
come of photothermal interventions. Heat-driven denaturation is generally facilitated when tissues are heated 
above 50 °C, while the exposure time further determines the size of the induced lesion. Yet, several therapeutic 
procedures use lower temperature elevations without inducing irreversible tissue damage, including local and 
whole-body hyperthermia10 as well as low- and medium-intensity focused ultrasound11, 12. The effectiveness of 
thermal therapies thus heavily relies on the ability to closely monitor and control the volumetric temperature dis-
tribution of the treated tissues in real time2. Invasive approaches based on thermocouples or fiber-optic sensors13 
can be used for temperature monitoring. In this way, the temperature can only be captured in a few locations 
within the heated region while a direct tissue contact or an invasive approach are further required. On the other 
hand, the temperature map can in principle be obtained using non-invasive imaging modalities such as optical 
methods14, 15, infrared thermometry16, ultrasound17, x-ray computed tomography (CT)18, or magnetic resonance 
imaging (MRI)19. However, these techniques are either limited by low penetration, sensitivity, contrast or other-
wise lack an adequate temporal resolution for dynamic mapping of the temperature fields.
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OA imaging may potentially represent an advantageous approach for monitoring phototherapy due to its high 
sensitivity to temperature variations20–24. The temperature dependence of the OA signal during thermal therapies 
has been previously established25–28. Yet, no three-dimensional (3D) mapping of the temperature field in real 
time has been so far demonstrated. Herein, we study the application of optoacoustics to map the temperature 
distribution during laser-induced thermal therapy. In particular, evolution of volumetric OA data is correlated 
with thermocouple readings in controlled tissue-mimicking phantom experiments in order to establish the lower 
boundaries on the accuracy of the temperature estimations. A thermal-diffusion-based model of heat distribu-
tion in tissues is further employed in order to render the spatio-temporal distribution of the temperature field in 
experiments performed in highly heterogeneous mouse tissues.

Methods
Optoacoustic data acquisition set-up and image reconstruction. The lay-out of the experimental 
setup is shown in Fig. 1. Briefly, heating was induced using a diode laser generating 20 W of continuous wave 
power at a wavelength of 830 nm (Indigo 830, Indigo Medical Inc., Lawrenceville, New Jersey). A specialized 
fiberoptic delivery system with a cylindrical diffuser at the tip was used to guide the ablation beam to the region 
of interest. Volumetric temperature monitoring was performed with a 3D OA imaging system consisting of a 
512-element spherical transducer array covering an angle 140° with 4  cm radius of curvature (1.3π solid angle). 
The individual elements of the array have a central frequency of 5  MHz and ~100% detection bandwidth, corre-
sponding to nearly isotropic imaging resolution of ~150  µm around the geometrical center of the sphere. Acoustic 
coupling was ensured by molding agarose gel between the active surface and the surface of the imaged sample 
(Fig. 1). OA responses were excited with a short-pulsed (~8 ns) laser source (Innolas Laser GmbH, Krailling, 
Germany) guided via a custom-made fiber bundle (CeramOptec GmbH, Bonn, Germany) through a hollow 
cylindrical cavity in the center of the array. For imaging, the wavelength of the tunable optoacoustic laser source 
was also set to 830 nm and the optical fluence was approximately 11  mJ/cm2 at the surface of the imaged sample. 
The pulse repetition frequency (PRF) of the laser was set to 5  Hz. A second arm of the fiber bundle was guided to 
a Coherent powermeter EM-USB-J-25MB-LE (Coherent Inc., Santa Clara, California) to monitor the energy per 
pulse, which was used to normalize the acquired signals. All 512 OA signals were simultaneously digitized at 40 
mega-samples per second (MSPS) by a custom-made data acquisition (DAQ) system (Falkenstein Mikrosysteme 
GmbH, Taufkirchen, Germany) triggered with the Q-switch output of the laser.

OA images were subsequently reconstructed with a graphics processing unit (GPU)-based 3D back-projection 
algorithm29. Prior to reconstruction, the acquired signals were deconvolved with the impulse response of the 
array elements and band-pass filtered between 0.1 MHz and 7 MHz.

Temperature Estimation Method. Our OA temperature estimation is based on the temperature depend-
ence of the thermoelastic conversion efficiency. When the OA signals are excited with a short-duration laser 
pulse, the so-called stress-confinement conditions can be assumed for the initial OA signal (pressure) distribu-
tion p0 in the medium30. In this case, the latter is given via p0 = ΓμaΦ, being Γ the (dimensionless) Grüneisen 

Figure 1. Lay-out of the experimental setup. The drawings of the transducer array and the ablation system were 
developed by the authors.
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parameter, µa the optical absorption coefficient and Φ the light fluence. The temperature dependence of the gen-
erated OA signals mainly comes from variations in the Grüneisen parameter, whose dependence on temperature 
in water-like aqueous solutions can be approximated by30

Γ = . + .T T( ) 0 0043 0 0053 , (1)

where T is expressed in °C. Eq. (1) describes temperature dependence of the Grüneisen parameter for water and 
diluted aqueous solutions, which was verified with empirical measurements across a wide range of tempera-
tures31. The relative change of the OA signal as a function of the temperature increase ΔT can be then expressed as

Δ
=

. Δ
. + .

p
p

T
T

0 0053
0 0043 0 0053

,
(2)

0

0,0 0

being p0,0 and T0 the initial (baseline) optoacoustic signal and the initial temperature before the ablation 
experiment, respectively. According to Eq. 2, the amplitude of the OA signals is expected to increase by approxi-
mately 2.7% per degree for typical temperature values of 36 °C in living organisms. We further define F as the ratio 
between the relative increment of the OA signal and the relative increment of temperature, i.e.,
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Considering Eq. 2, the theoretical value of F (Fth) can be expressed as a function of the initial temperature T0 
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The temperature increment can then be estimated from the relative OA signal increase as
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p
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It should be noted that, unlike for inorganic liquids, protein denaturation and coagulation processes are 
known to take place in soft biological tissues for temperatures exceeding 50 °C, introducing significant additional 
complexity due to non-linear alterations of the Grüneisen parameter26 as well as alterations in the optical absorp-
tion and scattering coefficient of the ablated tissues32. Accuracy of the above temperature estimation approach is 
therefore expected to be limited to the temperatures range lying below the coagulation threshold.

Phantom validation experiments. The quantitative performance of the temperature monitoring method 
according to Eq. 5 was experimentally tested in a tissue-mimicking phantom. The phantom consisted of three 
tubings with 1 mm diameter and 10 mm length embedded in a ~8 mm thick layer of chicken breast. The tubings 
were filled with murine blood and sealed with glue. Three thermocouples (Physitemp Instruments Inc., Clifton, 
New Jersey) were inserted into the tubings to provide real-time temperature values. The thermocouple readings 
were digitized with an embedded NI 9213 DAQ (National Instruments Corporation, Austin, Texas, U.S.). For 
each tubing, the temperature was estimated from the OA signal in an ROI corresponding to the exactly known 
location of each thermocouple.

The Thermal Diffusion Model. High resolution temperature mapping in real highly heterogeneous tissues 
represents a much more challenging task than pointwise temperature estimations. This is chiefly because the 
temperature elevation due to laser-induced heating depends on both the local light fluence distribution and the 
optical absorption coefficient. As a result, a highly non-uniform temperature distribution is expected to occur 
in heterogeneous tissues with many locations exhibiting low absorption or otherwise insignificant temperature 
alterations that cannot be accurately estimated by optoacoustics. We therefore assumed that only voxels that gen-
erated OA signals above a certain threshold, set to 20% of the maximum signal in the entire 3D image volume, can 
be effectively used for reliable temperature estimations, whereas the remaining voxels are assumed to be mainly 
affected by heat diffusion from the adjacent voxels exhibiting higher absorption values. A model based on the heat 
diffusion equation has been thus introduced to dynamically estimate the volumetric temperature distribution 
via33

ρ
∂

∂
− ∇ =

T r t
t

D T r t Q r t
C

( , ) ( , ) ( , ) ,
(6)p

2

where T(r,t) is the spatio-temporal map of the temperature increase, Q(r,t) is the heat absorbed in the tissue per 
unit volume and unit time, ρ is the tissue mass density, Cp is its specific heat capacity per unit mass, and D=k/ρCp 
is the thermal diffusivity, being k the thermal conductivity in [W/m °C]. We assumed ρ = 1.06 g/ml, Cp=3.5 J/gK, 
D = 1.14∙10–7 m2/s for soft biological tissues33. The Green’s solution to Eq. (6) is given by

∫ ∫ ρ
′ ′ ′ ′=T r t Q r t

C
g r t r t dr dt( , ) ( , ) ( , , , ) ,

(7)
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where g(r, t, r′, t′) is given by33
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Eq. (7) is subsequently approximated by assuming that energy absorption takes place at a finite number of 
points and time instants, leading to
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The spatial locations ri and temporal instants tj correspond to the position of the reconstructed voxels and the 
optoacoustic sampling instants, respectively. Ei(tj) represents the amount of energy absorbed in the i-th voxel for 
the j-th time interval (between tj-Δt and tj), i.e.,

ρ= ΔE t VC T t( ) ( ), (11)i j p i j

where V is the volume corresponding to each reconstructed voxel and ΔTi(tj) is the temperature rise at the i-th 
voxel during the j-th interval. Eq. (10) is then rewritten as
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On the other hand, for voxels whose values exceeded 20% of the maximum value in the entire 3D image 
volume the temperature was solely estimated by relying on the instantaneous OA signal values T(ri, tj) without 
considering thermal diffusion, i.e.,

Δ = − − Δ .T t T r t T r t t( ) ( , ) ( , ) (13)i j i j i j

Mouse experiments. The performance of the suggested temperature mapping approach was tested exper-
imentally in a mouse that was ablated post mortem. Specifically, the ablation fiber was rectally inserted with the 
mouse lying in a supine position, so that the OA laser illuminated the back of the mouse. The initial (ambient) 
temperature of the mouse was T0 =22 °C. The ablation laser was stopped after 36 s and the optoacoustic images 
were acquired from the heated area over 120 s, thus also covering the cooling phase. All experiments were per-
formed in full compliance with the institutional guidelines of the Helmholtz Center Munich and with approval 
from the Government District of Upper Bavaria. Note that a large number of thermocouples would be required 
for validating the temperature mapping results in 3D in the highly heterogeneous murine tissue while accurate 
positioning of the thermocouples in the intact mouse is technically challenging. Thus, no thermocouple valida-
tion was performed in this case and the experiment was done in order to showcase temperature monitoring in a 
real heterogenous biological specimen.

Results
Tissue-mimicking phantom experiments. Figure 2 shows the OA images captured at three different 
instants during the laser heating procedure. The ablation fiber was aligned parallel to the tubings at a distance of 
approximately 5 mm from the leftmost one. A progressive increase in the OA signal intensity as the temperature 
rises is clearly visible in all tubings (Fig. 2a–c). The temperature increase in blood was then estimated from Eq. 5, 
where the F factor is calculated according to Eq. 4. The estimated temperature increase inside the three tubings is 
plotted in Fig. 2d (dashed lines). For calculating the relative signal increments, a reference OA image (the baseline 
image) was taken as the average of 50 frames immediately preceding the ablation procedure. The temperature 
increase values measured with the thermocouples (located approximately at the same ROIs) are also shown in 
Fig. 2d (continuous lines).

As expected,  lower temperature increments result  in larger disagreement between the 
optoacoustically-estimated temperature values and those measured with the thermocouples. Figure 2e indicates 
that the relative deviations in F remain below 10% if the temperature increases by at least 3 °C. These deviation 
can be partially attributed to the relative uncertainty in the measured Δp0 values (see Eq. 3), originating from the 
noise in OA measurements. Note however that the discrepancy may also result from inaccuracies in the theoreti-
cal F values (Fth) that were calculated using Eq. 4 assuming a homogenous water medium. Additional uncertainty 
exists in the location of the thermocouple tip, which may not exactly coincide with the locations where the repre-
sentative OA traces were analyzed, as labeled by circles in Fig. 2a.

Mouse experiments. Figure 3a shows the reconstructed OA images (MIPs along the transverse and sagit-
tal views) for three different instants during photothermal therapy performed in a mouse post mortem. Clearly, 
the OA images deliver 3D maps of the mouse anatomy at high spatial resolution in the 150 µm range while also 



www.nature.com/scientificreports/

5SCIENTIFIC REPORTS | 7: 9695  | DOI:10.1038/s41598-017-09069-5

exhibiting rapid OA signal variations closely following the temperature rise. The dynamic temperature maps 
estimated via the methodology described in the Methods section are shown in Fig. 3b. Plots in Fig. 3c depict the 
temporal evolution of the temperature profiles at 5 different locations, as indicated in Fig. 3a. The gradual heating 
and thermal diffusion effects can be best perceived in a video showing real-time monitoring of the temperature 
distribution in the mouse (Supplementary Video 1). It can be observed that points closer to the ablation fiber 
experience more pronounced temperature rise in the first few seconds following initiation of the ablation proce-
dure and reach the maximum temperature approximately when the ablation laser is switched off. On the other 
hand, lower peak temperatures and slower temperature changes are exhibited at locations farther away from the 
fiber (e.g. points 1, 2 and 3). Yet, the temperature in those regions remains nearly constant after the heating is 
terminated, indicating that thermal diffusion plays a dominant role in maintaining the energy balance in those 
regions.

Discussion
The lack of simple and reliable non-invasive temperature feed-back represents a major barrier towards broader 
adaptation of laser-based thermotherapy procedures in pre-clinical research and clinical routine. The presented 
results showcase that volumetric OA imaging may emerge as a promising tool for quantitative monitoring of 
the temperature field during thermal therapies. Optoacoustics is particularly suitable for this purpose due to its 
high sensitivity to the temperature changes as well as the powerful ability to represent the temperature changes 
in an entire treated volume with both high spatial and temporal resolutions in the 150 µm and 10 ms ranges, 
respectively.

Note that in the experiments performed, the temperature dependence of the Grüneisen parameter was 
adopted from an empirical formula for diluted aqueous solutions, which may not accurately represent the phys-
ical reality in soft biological tissues26. Thus, accurate calibration of this parameter in different tissues may result 
in better accuracy when estimating the temperature-dependence of the OA signals. In addition, accuracy of the 
temperature estimations has been shown to be directly linked to the contrast and noise levels of the reconstructed 
optoacoustic images while the average optoacoustic signal strength is expected to drop by approximately an 
order of magnitude for each centimeter of penetration in living tissues at the near-infrared wavelengths30. In the 
current study, temperature estimations were achieved at up to 10 mm depth in ex-vivo mouse tissues without 
employing signal averaging. For monitoring at deeper locations, one potential solution may involve guiding the 
OA excitation beam through the same fiber used for delivering the ablation beam. In this way, since both OA 
imaging and laser ablation are usually performed in the near-infrared wavelength range, an even higher level of 
hardware integration could be potentially achieved if the same laser is used for both ablation and generation of 
OA responses.

Figure 2. Optoacoustic temperature estimations in a tissue mimicking phantom. (a–c) Transverse and coronal 
maximum intensity projection (MIP) optoacoustic images reconstructed for three different time points during 
laser heating of the phantom; (d) The temperature increase estimated from the optoacoustic signal variations 
(dashed curves) as compared to the temperature increase measured with thermocouples (solid curves). The 
regions of interest considered for the estimation are marked in panel a; (e) Relative deviation of the F factor 
from the theoretical value as a function of the temperature increase.
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The amount of monitored information can be enhanced by acquisition of multispectral optoacoustic tomog-
raphy (MSOT) data34. Since MSOT enables identifying spectral variations in the imaged tissue, this information 
may further help improving the accuracy of the suggested temperature monitoring approach by recognizing 
alterations in the optical or chemical parameters of the imaged tissue resulting from e.g. tissue coagulation.

In the present study, the underlying modeling assumption was that the tissue optical properties remain 
unchanged during the heating process, which is not the case if tissue coagulation or other irreversible thermal 
damage occur. It has been previously observed that a stronger and non-linear dependence of the OA signal inten-
sity on temperature was produced in tissues heated above 53 °C26. In addition, not only the Grüneisen parameter 
but several other physical parameters, such as optical absorption and scattering, are altered due to tissue coag-
ulation34. As a result, solutions of the OA inversion and thermal diffusion problems in three and four dimen-
sions become much more complicated in this case and require a different mathematical treatment, which will 
be addressed in future work. During in-vivo thermal therapy treatments, it is further expected that the results 
are affected by alterations in blood perfusion induced by tissue heating. Indeed, a higher blood volume may lead 
to an additional OA signal increase not related to the temperature changes. On the other hand, increased blood 
perfusion also has a cooling effect2, 35, which may result in further inaccuracies introduced into the suggested 
thermal diffusion model.

Conclusion
In conclusion, we introduced a new high resolution volumetric temperature monitoring method based on 
real-time acquisition of three-dimensional optoacoustic data coupled with thermal-diffusion-based model of 
heat distribution in tissues. The results suggest that the proposed approach is capable of mapping the development 
of the temperature field during laser-induced thermal therapies, which can potentially contribute to improving 
safety and efficacy of these treatments.
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A B S T R A C T

Medium-intensity focused ultrasound (MIFU) concerns therapeutic ultrasound interventions aimed at stimu-
lating physiological mechanisms to reinforce healing responses without reaching temperatures that can cause
permanent tissue damage. The therapeutic outcome is strongly affected by the temperature distribution in the
treated region and its accurate monitoring represents an unmet clinical need. In this work, we investigate on the
capacities of four-dimensional optoacoustic tomography to monitor tissue heating with MIFU. Calibration ex-
periments in a tissue-mimicking phantom have confirmed that the optoacoustically-estimated temperature
variations accurately match the simultaneously acquired thermocouple readings. The performance of the sug-
gested approach in real tissues was further shown with bovine muscle samples. Volumetric temperature maps
were rendered in real time, allowing for dynamic monitoring of the ultrasound focal region, estimation of the
peak temperature and the size of the heat-affected volume.

1. Introduction

Therapeutic ultrasound (US) comprises a myriad of techniques
routinely used in the clinics to treat pathological tissues, such as tu-
mors, kidney stones, neurological disorders, blood clots, hemorrhages
or injured muscles and tendons [1,2]. The majority of US-based treat-
ments involve thermal effects produced via tissue heating with average
intensity levels exceeding those permitted for diagnostic US imaging
purposes (> 0.1W/cm2). High-intensity focused ultrasound (HIFU)
(100–10,000W/cm2), is used to selectively destroy abnormal tissues,
such as malignant neoplastic lesions, via local temperature elevations
exceeding the coagulation thresholds [3,4]. HIFU has been also used at
power levels below the thresholds required for ablation, such as in in-
tense therapy ultrasound (ITU), e.g. by creating thermal injury zones in
the tissue, initiating tissue repair cascade, promoting collagen genera-
tion and thus a healing response [5,6]. Low intensity pulsed ultrasound
stimulation (LIPUS) has also shown beneficious effects in tissue healing
with typical US intensities lower than 0.1W/cm2 and a temperature rise
less than 1 °C [7]. In addition, non-thermal physical effects, such as
cavitation and acoustic streaming, have shown to influence cell mem-
brane permeability and increase cellular activity [8]. Medium-intensity

focused ultrasound (MIFU), with acoustic intensity levels between those
used in echography and HIFU (typically 5–300W/cm2), represents a
largely unexplored scientific niche that can lead to combined and co-
operative thermal and non-thermal physical effects in soft tissues for
performing physio or cancer therapy, either directly or via local drug
delivery. Dedicated and flexible electronics with programmable para-
meters – voltage, signal shape, frequency and number of active ele-
ments – as well as specialized US array transducers need to be studied
and developed to investigate the outcome of US physiotherapy treat-
ments. In our case, using special array transducers and electronics
capable to focalize in 3D, temperature increases in phantoms up to
10 °C in less than 30 s have been achieved with intensities of tens of W/
cm2. Tissue heating results from absorption of US waves, while other
effects, such as cavitation or acoustic streaming, may additionally take
place. Effective application of US requires accurate monitoring of the
spatio-temporal temperature distribution during the procedure, control
over the delivered US intensity levels and duration of the treatment as
well as precise spatial targeting in the body [9].

Considerable inconsistencies in the clinical outcomes for different
therapeutic US protocols have been reported [10]. Thereby, the de-
velopment of efficient monitoring methods is paramount for improving
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the therapeutic efficacy while avoiding unnecessary tissue damage. Of
particular importance is the feasibility to render real-time feedback on
the spatio-temporal temperature distribution in the treated tissue. Heat-
driven cell deterioration typically starts at temperatures above 50 °C,
while cell death strongly depends on the exposure duration to a certain
temperature [4]. For instance, coagulative necrosis and immediate cell
death is typically produced in HIFU when reaching temperatures above
55 °C for 1 s or longer [11]. Temperature monitoring is also essential in
MIFU for preventing overheating. Also, the outcome of a MIFU proce-
dure highly depends on the temperature values and the exposure time.
Then, controlling the spatio-temporal distribution of temperature is
generally essential in MIFU. Intrusive temperature monitoring methods
based on thermocouples, thermistors or fiber-optic detectors can be
used for temperature control [12]. However, those are invasive ap-
proaches that can only retrieve temperature readings from a limited
number of discrete locations. Mapping of the temperature distribution
was further attempted using non-invasive imaging approaches, in-
cluding infrared thermometry [13], analysis of US backscattered signals
[14,15], X-ray computed tomography (CT) [16] or magnetic resonance
imaging (MRI) [17]. However, all these methods have limitations for
real-time volumetric temperature mapping associated to the achievable
penetration depth, contrast or spatio-temporal resolution.

Optoacoustic (OA) imaging constitutes an advantageous approach
for monitoring thermal treatments as it provides high sensitivity to
changes in temperature and can further detect tissue composition
changes associated with coagulation [18–21]. OA can reach depths of
∼1–2 cm as reported by several groups [22–25], which can be suffi-
cient for many MIFU applications e.g. in physical rehabilitation or pain
management [26,27]. To this end, OA monitoring and guidance has
been used to control thermal therapies involving radio-frequency ab-
lation [28], laser-induced thermotherapy [29,30], cryoablation [31],
therapeutic US procedures including HIFU [32] or nanoparticle-based
targeted therapies [33]. One of the advantages of the OA method is the
possibility to integrate it with MIFU or HIFU using the same transducer
array [34]. Yet, real-time volumetric mapping of the temperature dis-
tribution during US thermotherapy, particularly for intensity levels
below the thermal damage thresholds, has never been attempted.
Herein, using a novel MIFU multi pulse electronic system and a two
dimensional piezoelectric spherical matrix array, we demonstrate the
feasibility of four dimensional (real-time three-dimensional) optoa-
coustic mapping of the induced spatio-temporal temperature distribu-
tion in a tissue-mimicking phantom and in an ex-vivo bovine tissue
sample.

2. Materials and methods

2.1. Experimental set-up and signal processing

A lay-out of the experimental set-up is depicted in Fig. 1a. MIFU
heating was induced with a self-developed annular array probe con-
sisting of 8 equal-area coaxial rings, which allowed focusing the US
beam along the axial direction. This allows concentrating the energy in
a region that resembles an elongated rice grain with approximate di-
mensions of 1.5–2mm in width and 1–1.5 cm in length, i.e., the sound
beam maximum intensity is confined within a ∼0.04 cm3 volume. The
excitation signals in each element were delayed in order to focus the US
beam by constructive interference at a distance of 5 cm from the active
surface. Each element of the array has an area of 0.88 cm2 and a central
frequency of 2MHz. The array has a total diameter of 3 cm. The ele-
ments were excited with a custom-made multichannel electronic
driving system (SITAU, Dasel Sistemas, Madrid, Spain) controlled with
a MATLAB® code. When driven with a negative square pulse of 150 V, a
peak pressure of 3MPa is generated at the focus, which corresponds to
ISPTP=300W/cm2 of acoustic intensity [5]. The pressure was mea-
sured with a needle hydrophone (DAPCO 54389) with 0.6 mm active
diameter.

OA volumetric temperature monitoring was performed with a
custom-made spherical matrix array consisting of a 256 piezoelectric-
elements with 90° (0.59π solid angle) angular coverage [35]. Each
element of the array has an area of 3× 3mm2, central frequency of
4MHz and>80% detection bandwidth, providing a nearly isotropic
imaging resolution of ∼200 µm around the geometrical center of the
sphere. The OA field of view is in the order of 1 cm3, which can be
covered by the depth of field of the MIFU array. The OA detection array
was positioned orthogonally with respect to the MIFU array and
acoustic coupling was guaranteed by immersing the entire set-up in
water (Fig. 1a). Optoacoustic responses were excited with a short-
pulsed (< 10 ns) tunable laser source (Innolas Laser GmbH, Krailling,
Germany) guided via a custom-made fiber bundle (CeramOptec GmbH,
Bonn, Germany) through a cylindrical cavity in the center of the array.
Optical fluence of ∼11mJ cm−2 was measured at the surface of the
sample at 720 nm illumination wavelength, corresponding to the
maximum energy of the laser. The pulse repetition frequency of the
laser source was set to 10 Hz. The 256 optoacoustic signals corre-
sponding to all elements of the array were simultaneously acquired at
40 mega-samples per second (MSPS) by a custom-made data acquisition
(DAQ) system (Falkenstein Mikrosysteme GmbH, Taufkirchen, Ger-
many) triggered with the Q-switch output of the laser. Synchronization
between OA imaging and MIFU excitation was achieved by delaying the
US excitation tone-bursts by 100 µs with respect to the laser trigger used
for the OA signal acquisition, as depicted in the timing diagram in
Fig. 1b. Specifically, the employed MIFU excitation protocol consisted
of emitting 50 tone-bursts of 125 (ISPTA=9.4W/cm2) or 255
(ISPTA=19.1W/cm2) cycles with 150 V negative square amplitude and
carrier frequency of 2MHz, at a pulse repetition frequency (PRF) of
1 kHz following each laser pulse. OA images were reconstructed with a
graphics processing unit (GPU)-based three-dimensional back-projec-
tion algorithm [36]. Prior to reconstruction, the acquired raw signals
were deconvolved with the known impulse response of the array ele-
ments and band-pass filtered with cut-off frequencies between 0.1MHz
and 6MHz.

2.2. Temperature estimation method

The OA temperature estimation method is based on the temperature
dependence of the Grüneisen parameter, corresponding to the ther-
moelastic conversion efficiency. For short-pulsed laser excitation under
thermal and stress-confinement conditions [37], the optoacoustically-
induced pressure amplitude is approximately given by p0= ΓμaΦ, being
Γ the (dimensionless) Grüneisen parameter, µa the optical absorption
coefficient and Φ the light fluence. For water and diluted aqueous so-
lutions, the temperature dependence of the Grüneisen parameter can be
approximated via [37]

= +T TΓ( ) 0.0043 0.0053 , (1)

where T is expressed in °C. Note that Eq. (1) has been previously ver-
ified with empirical measurements across a wide range of temperatures
[38]. According to Eq. (1), the relative change of the OA signal as a
function of temperature increase ΔT can be then expressed as [30]

=

+

p
p

T
T

Δ 0.0053Δ
0.0043 0.0053·

0

0,0 0 (2)

being p0,0 and T0 the initial (baseline) OA signal and the initial tem-
perature, respectively, before the application of MIFU heating. Δp0 is
the increase in OA signal with respect to p0,0. According to Eq. (2), the
amplitude of the OA signals is expected to increase by approximately
2.7% per degree for temperature levels around 36 °C in living biological
tissues. The temperature increment can then be estimated from the
relative OA signal increase as

= +T p T pΔ Δ (0.8113 )/0 0 0,0 (3)
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2.3. Phantom validation experiment

A 8.5mm wide square-shaped tissue-mimicking phantom was first
measured to experimentally test the validity of Eq. (3). The phantom
consisted of an agar matrix (1.3% w/w agar powder solved in water)
mixed with 7.8% w/w of Aluminum Oxide (Al O )2 3 and India ink to
create an US attenuation coefficient of 3.6 dBcm−1 at 2MHz frequency
and an optical absorption coefficient of µa∼ 3.5 cm−1 at 720 nm

illumination wavelength. The attenuation coefficient was measured
using a typical through-transmission approach with two Panametrics
A305 2.25MHz transducers in a water tank. Different samples with
various thicknesses were used for comparing the transmitted amplitude.
The optical absorption of a water solution with the same concentration
of ink and the acoustic attenuation of the phantom material were es-
timated with an optical spectrometer (OceanOptics, FL, USA) and from
the amplitude of multiple echoes of a sample with 1 cm thickness,

Fig. 1. Lay-out of the experimental setup. (a) Schematic representation of the OA transducer array and the MIFU transducer. (b) Schematic timing diagram of MIFU
excitation and OA acquisition.
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respectively. The speed of sound in the phantom material was taken as
1490m/s, corresponding to the speed of sound in water for the initial
temperature. A thermocouple (Physitemp Instruments Inc., Clifton,
New Jersey) was inserted at the front (illuminated) edge of the
phantom. The temperature readings were digitized with an integrated
NI 9213 DAQ (National Instruments Corporation, Austin, Texas, U.S.).
The OA-based temperature estimation method, as described in Eqs.
(1)–(3), was used to estimate the temperature at a region of interest
(ROI) matching the known location of the thermocouple. This corre-
sponds to the region for which a maximum relative increase in the OA
signal was measured. Likewise, the US focus was positioned on the
thermocouple tip by raster-scanning the MIFU array until the maximum
temperature elevation was measured.

2.4. Ex-vivo bovine tissue experiments

The effectiveness of the proposed approach for temperature map-
ping in real tissues was subsequently examined in an ex-vivo bovine
sample. In a first step, the capability to localize the US focus in a three-
dimensional region was tested. For this, the MIFU array was scanned
along the axial direction of the OA imaging probe. For each position,
the MIFU array was driven as previously described. Considering that no
significant thermal diffusion occurs for the protocol duration (15 s), the
temperature raise within this time period is assumed to be mainly due
to US absorption and so the focus position can be localized. In addition,
the spatio-temporal distribution of temperature was estimated during
MIFU heating for a fixed position of the US focus. The baseline tissue
temperature was T0=22 °C. MIFU heating was stopped after 15 s while
the OA monitoring continued for 40 s to cover the cooling period. The
expected optical absorption coefficient in this type of tissue is ap-
proximately 0.2 cm−1 [39]. The ultrasound attenuation at 2MHz was
estimated as that of muscle tissue (1.09 dB cm−1) [40]. This is in
agreement with lower temperature increase observed as compared to
that of the phantom.

3. Results

3.1. Phantom validation experiment

Fig. 2a shows a schematic representation of the measurement ar-
rangement. The maximum intensity projection (MIP) along the depth
direction of the volumetric OA images taken before the MIFU heating is
displayed in Fig. 2b. The temperature increase in the phantom at the
thermocouple location was then estimated with Eq. (3). Specifically,
two measurements were performed. First, a series of 150 V tone-bursts
consisting of 255 cycles (ISPTA=19.1W/cm2) were used to excite the
MIFU array for 15 s. In Fig. 2c, the time dependence of temperature
measured with the thermocouple versus the temperature estimated
from the OA image sequence are represented by the solid and dashed
blue lines, respectively. In a second measurement, a series of tone-
bursts of 150 V and 125 cycles (ISPTA=9.4W/cm2) were used to drive
the MIFU array for 20 s. The corresponding temperature values are
shown by solid and dashed red lines in Fig. 2c. The relative OA signal
increases were estimated with a reference OA image (the baseline
signal) taken as the average of 30 frames immediately preceding the
MIFU procedure. It is shown that the optoacoustically-estimated tem-
perature acceptably matches the thermocouple readings. Specifically,
the standard deviations of the differences between the corresponding
time profiles in Fig. 2c are 0.65 °C and 0.88 °C for tone-bursts of 125
and 255 cycles, respectively. The good agreement is probably a con-
sequence of the fact that the phantom consists of an aqueous solution,
for which Eq. (3) is expected to be valid [30]. Inaccuracies may origi-
nate from the discrepancy between the actual location of the thermo-
couple tip and the analyzed OA traces.

3.2. Ultrasonic focus monitoring

The difference of the OA images of the bovine tissue taken after and
before MIFU heating (150 V tone-bursts, 255 cycles, ISPTA=19.1W/
cm2) are displayed in Fig. 3. The tissue surface is indicated with a da-
shed line. No significant heat diffusion was produced during the heating
period, so that the differential images reliably represent the heated
region, namely, the US focus. The difference in the signal amplitude for
the different US focus depths is due to light attenuation, which also

Fig. 2. Validation of the OA tempera-
ture monitoring method. (a)
Thermocouple location in the tissue
mimicking phantom. (b) MIP of the 3D
OA image along the z direction,
showing the front side of the phantom.
Scalebar – 5mm. (c) OA temperature
estimations (dashed lines) along with
the corresponding thermocouple read-
ings (continuous lines). The data cor-
responds to two different MIFU heating
procedures using 255 (blue) and 125
(red) cycles. (For interpretation of the
references to color in this figure le-
gend, the reader is referred to the web
version of this article.)
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results in a lower signal to noise ratio (SNR) at deeper locations. This in
turn limits the maximum applicable depth for OA monitoring of the
MIFU treatments.

3.3. Temperature mapping in ex-vivo bovine tissue

The results of the temperature mapping experiment in an ex-vivo
bovine tissue sample are shown in Fig. 4. Specifically, the spatio-tem-
poral maps of the temperature elevation estimated according to Eq. (3)
are displayed in Fig. 4a. Note that no thermocouple was included in this
case. Indeed, it was found that it generates a significantly larger op-
toacoustic signal than the tissue. This leads to streak-type artefacts in
the reconstructed images that also affect the estimated temperature
maps. It can be seen that the temperature map estimated for the time
point of peak temperature elevation (Fig. 4a, 20 s) is tightly centered
around the ultrasonic focus location. On the other hand, the heated
region spreads over a larger region at later time points during the
cooling period (Fig. 4a, 24 s), which indicates that thermal diffusion
plays a dominant role in carrying the heat further away from the ul-
trasonic focus. This is further corroborated in the time traces in Fig. 4b,
corresponding to the estimated temperatures at three locations in-
dicated in Fig. 4a at 2.5 s. The incremental heating and thermal diffu-
sion processes can be best identified in a video displaying real-time
volumetric monitoring of the temperature map distribution in bovine
tissue (Visualization 1). It can be appreciated that voxels closer to the
ultrasonic focus experience greater temperature increases and reach the
maximum value when the MIFU transducer is turned off. Yet, the
generated heat continues diffusing outside the focal region also at later
time points. Since the estimated temperature rise was below 15 °C
during the entire procedure, no tissue damage should be produced. This
was confirmed by visual inspection of the sample after the experiment.

4. Discussion and conclusion

Medium-intensity focused ultrasound (MIFU) therapy aims to pro-
vide significant improvements in the efficacy, safety, reliability and
metrological traceability of US treatments in both physiotherapy and
drug delivery. Here, four-dimensional OA tomography was used to non-
invasive measure the temperature increase induced in tissues by a
newly designed MIFU prototype system. Of particular importance is the
feasibility to provide real-time volumetric temperature feed-back,
which can greatly impact the outcome of MIFU-based medical treat-
ments by (1) enabling effective control of the exposure time of the
target tissue at a given temperature and (2) preventing tissue over-
heating above the damage threshold. OA is particularly suitable for
temperature mapping applications due to the high sensitivity of the
Grüneisen parameter, representing the OA conversion efficiency, to
temperature variations [37,41]. Note that in our current experiments
the temperature distribution was estimated by assuming the Grüneisen
parameter to be equivalent to that of water. Considering that muscle
tissues contain approximately 75% water, 20% protein, 1–10% fat and
1% glycogen, this seems a reasonable approximation [42]. However,
accurate calibration of the temperature dependence of the Grüneisen
parameter is required to assess the error in such approximation and to
improve the accuracy of the estimated temperature values. Such cali-
bration may be achieved with optoacoustic methods, for which the light
fluence and the absorption coefficient of the tissue of interest need to be
determined [43]. This turns particularly challenging in vivo, while the
optical properties ex vivo can significantly change. The high spatio-
temporal resolution of the state-of-the-art OA tomography system em-
ployed further represents an important advantage. In this work, we
have attained spatial resolution of 200 µm at 10 Hz volumetric frame
rates, which covers well the spatio-temporal range of the induced
temperature variations. Higher spatial and temporal resolutions are also
possible by using a similar configuration, which however would come
to the detriment of the field of view [44].

It has further been shown that four-dimensional OA tomography
enables dynamic localization of the position of the US focus. In this
way, more accurate identification of the target tissues can be facilitated
prior to applying the therapy. Naturally, the SNR of the differential OA
images declines with depth due to light attenuation, the latter dom-
inating over acoustic attenuation for the applicable US frequency range
[45]. In order to improve on the achievable monitoring depth, other
light delivery methods, e.g. based on endoscopic or intravascular
probes, may be additionally considered [46,47]. The regions accessible
with OA imaging are confined within ∼1–2 cm from the surface where
light is delivered. This is sufficient for many relevant potential appli-
cations of MIFU, such as treatment of active myofascial pain trigger
points, stimulation of abdominal or paraspinal muscles or even for
neurostimulation of cortical areas in the brain. Registration of OA and
US images can further provide enhanced anatomical information and
some efficient techniques for hybrid optoacoustic-ultrasound (OPUS)
imaging have been recently reported [48].

The monitoring approach introduced in this work can also be po-
tentially applied in treatments based on selective tissue destruction
with HIFU [49,50]. These procedures can particularly benefit from
augmented information acquired by means of multispectral optoa-
coustic tomography (MSOT) analysis [51]. The most recently developed
OA systems effectively provide five-dimensional (real-time three-di-
mensional multispectral) imaging capabilities [52], thus enabling
tracking of spectroscopic variations in the target tissue, e.g. due to
coagulation. It should be noted that the temperature dependence of the
OA signals in biological tissues is significantly altered at temperatures
exceeding 50 °C [19], so that more accurate calibration are needed for
temperature monitoring in coagulated tissue volumes. The temperature
maps in vivo are also expected to be affected by induced changes in
blood flow, which have a cooling effect. The development of proper
models accounting for different effects occurring in living organisms

Fig. 3. MIPs of the differential 3D OA images along the z and y directions from
ex-vivo bovine tissue for the US focus located at a reference position right
underneath the tissue surface (a) and at 1.5 mm (b) and 3mm (c) points deeper
than the reference position, respectively. Scalebar – 5mm.
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thus represent an important next step. Also, a temperature rise induces
changes in the speed of sound of the heat affected zone, which may
affect the reconstructed images obtained by assuming a uniform speed
of sound [53], particularly if high-resolution is required.

In conclusion, it has been shown that tissue heating with US can be
monitored in three dimensions and in real time with OA tomography.
The achieved high sensitivity to temperature variations, high spatial
resolution and fast imaging rates anticipate applicability of the sug-
gested approach in various procedures involving low and medium in-
tensity therapeutic US, such as physical rehabilitation [26,54,55], pain
management [27] or neurostimulation [56].
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ABSTRACT

Efficient monitoring of radiofrequency ablation procedures is essential to optimize the lesions induced to treat
cancer, cardiac arrhythmias and other conditions. Recently, optoacoustic imaging and sensing methods have been
suggested as a promising approach to address this challenge, offering unique advantages such as high sensitivity
to temperature changes and chemical transformations in coagulated tissues, real-time operation and use of non-
ionizing radiation. However, assessing how the ablation lesion boundary progresses is still challenged by changes
in optical properties induced during the interventions. Herein, we suggest a new approach for dimensional
characterization of the induced lesion based on detecting sharp positive variations in the time derivative of
optoacoustic signals. Experiments in porcine tissue samples indicate that such variations are uniquely associated
to the onset of ablation and that the method can robustly visualize the evolution of the lesion in three dimensions.

Keywords: Radiofrequency Ablation of Tissue; Optoacoustic Tomography; Temperature; Thermal Treatments.

1. INTRODUCTION

Thermal treatments are routinely used in the clinics for a myriad of applications ranging from pain relief to the
generation of localized apoptosis and coagulative necrosis in tumors.1 The induced thermal effects in biological
tissues mainly depend on the temperature rise. No permanent tissue damage is generally produced for tempera-
tures below 50◦C, and treatments are typically based on bio-stimulation of chemical reactions in muscle, nervous
and other tissues.2 At higher temperatures, irreversible effects such as coagulation, carbonization or vaporization
of tissues are produced.3–5 These effects are exploited for tissue ablation, a term used in medicine to refer to
the destruction or removal of diseased (pathological) tissues.6 Thermal ablation, performed by either heating or
cooling to reach temperatures lethal to cells, is used world-wide with the aim to treat cancer, cardiac arrhythmias
and other conditions.7 Multiple energy sources such as laser, microwaves, ultrasound and radiofrequency (RF)
current can be used for heating,8 while cryoablation is performed by circulating fluids through hollow needles
(cryoprobes) to reach temperatures typically below -50◦C.9

Efficient monitoring of ablation procedures is essential for improving the treatment outcome as well as to
avoid unnecessary tissue damage.10 Generally, this is achieved by mapping the spatio-temporal distribution
of temperature within the treated region either by inserting sensors at specific locations or with non-invasive
imaging modalities such as infrared thermometry, x-ray computed tomography, magnetic resonance imaging or
ultrasound.11 Recently, several groups have suggested optoacoustic (OA, photoacoustic) imaging and sensing
systems as a new approach for real-time monitoring of tissue ablation with high contrast and by using only
non-ionizing excitation.12,13 OA presents unique advantages for this purpose as 1) the thermo-elastic conversion
efficiency is highly sensitive to temperature variations ( 2.7% per ◦C)14–18 and 2) tissue coagulation leads to
chemical changes further affecting the OA signal intensity.19 These two effects are clearly evinced in experiments
performed for calibrating the temperature dependence of OA signals. It was shown that the increase in OA signal
intensity per ◦C remains approximately constant for temperatures below 50◦C, where it abruptly changes.20 This
additional increase in OA signal intensity, associated to coagulation of tissues at higher temperatures, was also
shown to be maintained when the tissue was cooled down to room temperature. To this end, OA measurements
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performed during thermal ablation procedures have corroborated this initial calibration experiments. Real-time
temperature mapping was achieved for temperatures below coagulation thresholds14 and the ablated region
could be identified after cooling down via multi-spectral analysis or comparison with the corresponding image
before ablation.21 Real-time monitoring further enabled visualizing tissue destruction e.g. in endovenous laser
ablation.22 However, assessing how the ablation lesion boundary progresses during an intervention remains
challenging. It is known that the resulting lesion size depends both on temperature and exposure time,23 and
OA temperature readings are inaccurate when ablation is produced.24 Tissue coagulation further leads to a
change in optical attenuation,25 which in turn produces distortion (spectral coloring) of the absorption spectrum
at deep locations. Herein, we suggest a new approach for characterizing the evolution of the induced lesion
based on identifying sharp changes in OA time profiles extracted from the sequence of images acquired with
a four dimensional (real-time three dimensional) OA tomographic imaging system. The method is based on
single-wavelength excitation and hence is not affected by spectral coloring or other OA signals changes in the
optical wavelength dimension.

2. METHODS/RESULTS

A lay-out of the experimental set-up is depicted in Fig. 1a. Radiofrequency (RF) ablation was induced on a
30x30x10mm3 porcine heart tissue sample using a RF wave generator and an electrode with a 3 mm diameter
semi-spherical shaped tip. A second (ground) electrode consisting of an aluminum foil was placed at the bottom
surface of the tissue. The RF generator delivered bursts of 600 cycles at 20 kHz (Fig. 1b) with an average power of
9 W. Volumetric (three-dimensional - 3D) OA imaging was performed with a self-developed tomographic imaging
system consisting of a 512-element spherically-arranged transducer array covering an angle of 140◦ (1.3π solid
angle) with 4 cm of curvature radius. Each array element has a central frequency of 5 MHz and 100% detection
bandwidth, which enables a nearly isotropic resolution of 150 µm around the geometrical center of the spherical
array.11 Efficient acoustic coupling and electrical insulation were facilitated by an agarose layer positioned
between the active surface of the imaging array and the electrical ground pad. OA excitation was provided with
a 10 Hz short-pulsed (¡10 ns) laser (Innolas Laser GmbH, Krailling, Germany) guided via a custom-made fiber
bundle (CeramOptec GmbH, Bonn, Germany) through a central cavity in the array. The laser wavelength was
set to 780 nm to provide maximum contrast between ablated and non-ablated tissues.21 The energy density per
pulse and mean power density of the light beam at the tissue surface were maintained below safety standards.26

A custom-made data acquisition system (DAQ, Falkenstein Mikrosysteme GmbH, Taufkirchen, Germany) was
used for simultaneous acquisition of all 512 pressure signals at 40 megasamples per second. The acquired pressure
signals were deconvolved with the frequency response of the array elements and band-pass filtered between 0.1
and 4 MHz. 3D OA images were subsequently reconstructed with a graphics processing unit (GPU)-based 3D
back-projection algorithm.9
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Figure 1. Schematic view of the experimental setup of the ablation experiment. (a) Drawings of the OA transducer array
and RF system network. (b) Schematic synchronization diagram of the OA and RF excitations and acquisition routines.

For short-pulsed laser excitation under thermal and stress-confinement conditions,27 the OA signal (initial
pressure) is approximately given by p0 = Γµaφ, being Γ the (dimensionless) Grüneisen parameter, µa the optical
absorption coefficient and φ the light fluence. The Grüneisen parameter is known to be temperature dependent
and hence changes in OA signal amplitude can be used to estimate corresponding changes in temperature. Thus,
for water and diluted aqueous solutions, the temperature rise at a given point can be estimated from the relative
increase in OA signal intensity as28

∆T =
∆P0(0.8113 + T0)

p0,0
(1)

being p0,0 and T0 the initial (baseline) OA signal and the initial temperature in 0,0, respectively. DT in Eq.
1 is expressed in ◦C.
RF ablation was performed in a porcine tissue sample with approximately 1 cm thickness.
The RF catheter containing the electrical excitation is in orthogonal position relative to the surface of the tissue
sample. Thermal coagulation is initiated when the tissue resistance to the electrical input leads to a joule-effect
temperature increase above the tissue-specific temperature and time of exposure time for tissue denaturation.
The procedure is monitored in real-time by illuminating the region of interest treated beneath the electrode. The
guiding fiber bundle delivers approximately 20 mJ of electromagnetic radiation and it gets diffused and scattered
at the surface of the sample, subsequently leading to an exponential fluence decay in the direction of the beam
path. Fig. 2a displays the time profiles of the relative increase in OA signal intensity during ablation for two
points located at 6 mm (blue curve) and 10 mm (red curve) depth. Considering that soft biological tissues
mainly consist of water, Eq. 1 can be taken as a reasonable approximation. Eq. 1 establishes that the increase
in temperature is proportional to the relative increase in OA signal. Thereby, the estimated time profiles of
temperature are equivalent to those shown in Fig. 2a for temperatures below the ablation temperature threshold
(typically 50◦C). However, this approximation is no longer valid when ablation takes place as additional changes
in the Grneisen parameter are produced. The time points when the ablation temperature threshold is reached
(marked in Fig. 2b) can be identified in the differential profiles of temperature. Such time points can be used to
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build a map corresponding to the onset time of ablation that serves to estimate how the lesion propagates with
time.

Figure 2. (a) Lay-out of the experimental setup. The RF catheter containing the electrical excitation is positioned
orthogonally to the surface of the tissue sample. (b) Computational methods for estimation of the lesion size during RF
ablation. OA signal derivative approach and coagulation temperature methods.

The time profile of OA signal intensity in Fig. 2b further features a significant slope change at approximately
the time point when the ablation temperature threshold is reached. The below panel in Fig 2b displays the
numerically estimated time derivative of the OA signal intensity (δp0/δt). Four different intervals can be clearly
distinguished. In the first (baseline) interval, δp0/δt = 0. δp0/δt subsequently reaches defined positive values in
a second and third intervals, whiles it eventually becomes slightly negative in the final interval. The significant
change in δp0/δt between the second and third interval is consistent with the previously reported change in slope
of the OA signal intensity versus pressure when ablation is produced,17 i.e., ablation begins between the second
and third intervals in the δp0/δt curves. A map of the onset time of ablation can then be estimated from the
time points between the second and third intervals by setting a threshold in δp0/δt for the voxels in the image.
It is also important to note that the relative increase in OA signal for the first point features a relatively sharp
decrease at the beginning of the fourth interval. This is arguably due to the fact that the light fluence is reduced
when ablation at deeper regions (e.g. at point 2) starts to be produced. Indeed, the onset of ablation leads to
an increased optical attenuation and a consequent decrease in light fluence and optoacoustic signal in the entire
volume. Thereby, a sharp increase in optoacoustic signal is only produced for the time points when ablation
starts, and the identification of these points represents a robust approach for assessing the progression of the
lesion being formed.
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Figure 3. Lesion boundary progression results applying different detection methods. Coagulated region dimensions for
width (w) and depth (d) of the ablated tissue displayed with continuous and dashed lines respectively. The coagulation
boundary regions overlayed on top of the actual fluence-corrected OA images at different time-points during the treatment
and the post-ablation cross-sectional view of the porcine tissue sample.

The lesion width and depth were examined for characterization of the lesion growth as a function of time.
The ablated points were identified as those that 1) exceeded a give temperature threshold as estimated optoa-
coustically or 2) underwent a change in slope in the optoacoustic time profile. Fig. 3 shows the results of this
characterization. Fig. 3a displays the measured width (w) and depth (d) of the lesion for two different values of
the temperature threshold and for which the derivative of the optoacoustic normalized signal derivative increased
by 70%, based on previous studies.17 It is shown that the lesion size estimated from the derivative of the op-
toacoustic signal approximately matches that estimated with a temperature threshold of 60◦C. This is expected
considering that for this temperature coagulation is almost instantaneous and the heating process is rather fast,
i.e., a temperature of 60◦C is reached before the time required for tissue ablation at lower temperatures, i.e.:
50◦C. The dynamics of lesion formation is also visualized in a sequence of maximum intensity projections (MIPs)
of the OA images along the lateral plane shown in Fig. 3b. For better visualization, the images were normalized
with the light fluence distribution estimated from the diffusion equation for a semi-infinite medium, namely an
exponential decay with depth from the illuminated surface with effective attenuation coefficient eff = 3.5 cm−1.
A movie of the lesion formation process is provided as supplementary material in the online version of the journal.
The dimensions of the lesion estimated with the time derivative of the OA signals (w=6.1 mm and d=2.6 mm)
approximately matched the observed lesions size in a photograph of a tissue section taken after the ablation
procedure (Fig. 3b), which corroborates the validity of this approach.

3. DISCUSSION

The final size of the ablation lesion estimated both by considering the threshold temperature and the time
derivative of the OA signals reasonable agreed with that observed visually in a section of the sample taken after
the procedure. This, along with the fact that the results obtained with these two independent methods matched
for different time points, appears to ratify the feasibility of OA monitoring of lesion progression in RF ablation
procedures. Both methods are based on simple operations that can easily be computed in real-time, which
ensures their applicability in the clinical setting.
In principle, the suggested methodology can as well be applied for monitoring the lesion progression in other
ablation interventions based on alternative sources of energy. However, this needs to be verified for each specific
case. Of particular importance is the induced spatio-temporal distribution of the temperature field. It is well-
known that both the temperature and the exposure time have an influence on the resulting ablation lesion in the
target tissue. Indeed, it has been noted that for each temperature exposure degree increase above 43◦C, there is
a two-fold drop in the time required to achieve the same biological denaturation effect.23 Thereby, some methods
to estimate tissue degradation account for both exposure time and temperature. For example, the cumulative
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equivalent minutes (CEM) methodology establishes the time required to produce ablation in a tissue exposed
to a given temperature.29 These methods can potentially be implemented in the OA framework described in
this work. However, accurate estimation e.g. of the CEM at a given point requires the development of more
sophisticated models that properly account for the temperature dependence of the OA signals when ablation
is produced. Cumulative exposure has a limited effect for the ablation method considered in this work since
tissue ablation is produced in relatively short time, but it can be very important in slower procedures. It is also
important to take into account that significant changes in the optical properties of tissues are produced when
coagulation takes place. This in turn affects the light attenuation in tissues and leads to additional inaccuracies
in the estimated temperature maps.
The newly suggested approach based on analyzing the changes in the temporal derivative of the OA signals does
not rely on temperature estimations and hence it is expected to be more robust than alternative approaches.
Indeed, the temperature ablation threshold can vary for different tissue types and hence the lesion size can be
erroneously estimated even when considering an imaging approach that accurate maps the temperature distribu-
tion. Abrupt changes in the OA signal intensity can also enable identifying the onset of coagulation in ablation
procedures based on a relatively large exposure time. Furthermore, the reported increase in optical attenuation
in ablated tissues results in a reduced light fluence at deep locations.30 Thereby, positive changes in the time
derivative of OA signals are exclusively due to coagulation and can be detected at any point of the target tissue
regardless of the light delivery method for OA excitation. The newly suggested method has been enabled by
the unique OA capabilities for high-frame-rate imaging in three dimensions and for sensing chemical transfor-
mations taking place during coagulation. The fact that single wavelength excitation is sufficient for detecting
such changes can also significantly reduce the cost of clinical embodiments. These features, along with the fact
that non-ionizing radiation is employed, represent unparalleled advantages of OA with respect to other imaging
modalities that can potentially be used for ablation monitoring. Multi-spectral OA imaging, based on tissue
excitation at multiple optical wavelengths, can further provide additional information encoded both in the time
and spectral dimensions.21 However, even though OA spectral changes have been detected in ablated tissues,?

these may not be properly identified in regions affected by the wavelength dependence of optical attenuation
and single-wavelength excitation may still represent the optimum approach for ablation monitoring. Overall, we
expect that the methodology introduced in this work helps improving the outcome of tissue ablation methods
routinely used in the clinics.
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Chapter 4

Summary and Conclusion

OA imaging is distinguished among other imaging modalities by its operational sim-

plicity, its relatively low hardware costs and its competence to provide volumetric

real-time imaging at high spatio-temporal resolutions. It is a hybrid imaging tech-

nique combining optics and US, thus capitalizing on the advantages of US detection

and optical excitation. OA has been applied in many fields of fundamental research

and it is now translated into clinical routine with increasing medical applications

emerging. Future research development will be focused on the miniaturization of

lasers and DAQ systems for an increased portability of OA imaging devices. Further

technological implementations in OA imaging such as US transceivers that combine

both functions as transmitter and receiver modes will lead to hardware reduction

and powerful new appliances. The research studies carried out in this thesis hold a

great potential for the advancement of OA sensing.

We have demonstrated the feasibility of tracking the incision profile during laser

surgery by detection of shock waves emanating from the ablation spot with an air-

coupled transducer, thus avoiding the need of a coupling medium. This new capa-

bility is expected to enable upcoming new applications in different types of clinically

relevant interventions.
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Also, we have introduced a new high-resolution volumetric temperature monitoring

capability based on real-time acquisition of three-dimensional OA data. The demon-

strated volumetric temperature mapping speed during photothermal ablation pro-

cedures, the hand-held characteristic and the OA intrinsic synergy combining optics

and US will contribute to improving safety and efficacy of these treatments. Further-

more, the validated use of OA temperature mapping showcased that the proposed

approach is capable of mapping the development of the temperature field during

MIFU treatments. The proposed method further allows localizing the US focus, esti-

mating the peak temperature and measuring the size of the heat-affected volume in

real-time.

It was further shown how that the integration of the OA illumination source in copper-

coated optical silica fibers that could deliver synchronously ablative RF energy, can

be used to observe contrast-based dynamic changes in the OA images of forming RF

lesions. The high spatiotemporal resolution and deep-tissue imaging capacity of the

integrated ablation monitoring approach are an advantageous solution for optimiz-

ing the outcome of RF ablation interventions.

Finally, it was demonstrated how OA has unique capabilities for high-frame-rate vol-

umetric imaging for sensing chemical transformations taking place during coagula-

tion, based on changes in the temporal derivative of OA signals. Abrupt changes in

the OA signal intensity can also enable identification of the onset of coagulation in

ablation procedures.

In conclusion, OA signals are useful for providing incision depth feedback during

laser surgeries where the presence of a tissue-transducer coupling medium is no

longer needed. OA signal properties can be further utilized for real-time temperature

monitoring during lesion progression and estimation of lesion size during thermal

ablation treatments. The current research provides a substantial improvement to the

advancement of OA imaging applications and it is anticipated that the methodology

developed in this work will accelerate the transition of OA imaging into day to day

routine, as well as improve the outcome of tissue ablation methods routinely used in

the clinics.
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