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Abstract 
 
 
Laser ablation (LA) is one of the tumor treatment techniques that can provide 
minimally invasive treatment in cases when conventional methods (surgical 
resection, chemotherapy, radiotherapy) are not recommended. The main 
principle of LA is based on the delivery of laser energy via a fiber optic cable 
to the tumor in order to induce local coagulation, necrosis, and apoptosis of 
cancer tissues. The main advantage of LA is based on two unique features 
that stem from the use of minimally-invasive fiber optic cable: immunity to 
electro-magnetic interference and flexibility of the applicator. Thus, the 
treatment can be used during magnetic-resonance and computed 
tomography imaging, and can reach deep-laying organs.  
 
Nevertheless, LA cancer treatment is still limited due to the difficulty to 
guarantee complete destruction of the tumor and prevent collateral damage 
to the healthy tissues. The main reasons for it are the lack of accurate 
monitoring techniques and the use of an open-loop approach, i.e., laser 
parameters are set before the procedure. In this regard, my Ph.D. project is 
focused on investigation and development in the two main areas: (i) real-time 
temperature-based control techniques for extra- and intra-corporeal LA; and 
(ii) innovative fiber optics sensing methods to measure intra-tissue 
parameters (temperature, refractive index) during LA procedure. 
 
For temperature-based LA control, FBG sensors were utilized in the 
development of different LA control techniques: (a) ON-OFF control for 
extracorporeal  LA; (b) ON-OFF control for interstitial LA; and (c) 
proportional–integral–derivative (PID) control for interstitial LA. In addition, 
a pre-planning based on numerical simulations of the bioheat transfer has 
been developed to optimize the control parameters before the actual 
procedure. Moreover, the custom-made FBG sensors have been fabricated 
using point-by-point femtosecond laser inscription and optimized for LA 
procedures. In general, the obtained results that LA control allows controlling 
the margins of the ablated region, and, as a result, minimizes the damage to 
the surrounding healthy tissues. The novelty of the developed intraoperative 
platforms compared to currently available systems is that they also allow for 
quasi-distributed measurement of tissue temperature in two- and three-
dimensional configurations, while retaining the minimally invasive nature of 
the procedure. 
 
Regarding the innovative sensing methods for LA monitoring, the main 
investigated sensor was titled FBG (TFBG), a particular type of FBG with 
tilted FBG planes that allow coupling between the core and cladding modes. 
As a result, TFBG is sensitive to temperature, axial strain, pressure (as 
standard FBG), and also to outside medium parameters, such as surrounding 
refractive index (RI). In this regard, the experimental investigation of the 
increase of RI sensitivity by fiber etching has been performed. Analysis of 
step-wise etching and calibration in different RI solutions have provided the 
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best trade-off between wavelength and amplitude sensitivity, intensity level, 
and fiber thickness.  
 
In addition, TFBG sensing modalities during LA of ex-vivo hepatic tissues 
have been investigated. The first modality is a measurement of the RI 
changes of the ablated tissue during LA. The second one – is the temperature 
sensing modality based on the core mode analysis using conventional peak 
tracking techniques (maximum tracking, X-dB Bandwidth, centroid methods) 
and the developed reconstruction algorithm. The developed algorithm 
allows the measurement of quasi-distributed spatial temperature profile 
along TFBG. In general, the results show that the main reliable sensing 
modality of TFBG during LA is temperature monitoring, which can be 
significantly improved by the proposed algorithm.  
 

Future works should involve tumor tissues in ex vivo and in vivo experiments 
to assess the efficacy of the proposed methods and continue the 
investigations toward the clinical use of the discussed techniques.  
 
This work was supported by the European Research Council (ERC) under 
the European Union’s Horizon 2020 research and innovation program under 
Grant Agreement 759159. 
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Summary 
 

My thesis work has been organized as follows.  

In Chapter 1, a general overview of LA cancer treatment and its relation to 
different cancer therapies is provided. LA is discussed as an intersection 
between phototherapy, thermal therapy, and minimally-invasive therapy. 
After, the basic principles of laser ablation, information about monitoring 
during LA and related closed-loop feedback systems is provided. The last 
section of the introduction discusses a brief overview of the main equipment 
and instrumentation utilized in the thesis work: interrogators, FBG and TFBG 
sensors, and the diode laser used for experiments.  
 
Chapter 2 describes the development of different FBG-based LA regulation 
techniques utilized for ex vivo experiments. Paper A reports the first step of 
the development of LA regulation, where a conventional controlling 
technique (ON-OFF controller) and extracorporeal positioning of the sensors 
(on the surface of the ablated tissue) are utilized. After, Paper B investigates 
LA control for an interstitial case and discusses the developed numerical 
COMSOL model as a tool for pre-treatment optimization of the procedure 
parameters (power, set temperature, controlling distance). Later, in Paper C 
we propose a PID controlling approach to avoid the oscillating errors which 
were present in the ON-OFF control works.  
 
In Chapter 3, the results of the investigation of TFBG sensing aiming for 
tissue damage monitoring during LA are presented. Specifically, Paper D 
describes the chemical etching of the TFBG fiber and step-wise calibration 
in different sucrose concentrations used to optimize RI sensitivity, intensity 
level, and fiber thickness. Later, Paper E assesses the effectiveness of TFBG 
for real-time monitoring of intra-tissue parameters during LA of ex vivo 
hepatic tissue. TFBG’s ability to accurately monitor temperature (point and 
quasi-distributed measurements) and RI of the tissue are analyzed. 
 
The final discussion and future developments of my study are provided in 

Chapter 4. At the end of the thesis, a bibliography, scientific publications, and 

an appendix (Paper A – Paper E) are provided. 
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Chapter 1. State of the art: thermal ablation 
and monitoring 
 
 

1.1 Introduction 

LA is a minimally-invasive thermal treatment of cancer, which is based on the 
laser–tissue interactions. Thus, LA can be described as an intersection of three 
fields of cancer treatment: 1) phototherapy – any techniques that involve light for 
cancer treatment; 2) thermal therapy – the main principle is based on 
temperature change (increase or decrease) to treat cancer; and 3) minimally-
invasive therapy – any techniques related to cancer treatment with small 
applicator introduced into the target to induce thermal or non-thermal (chemical 
ablation, electroporation) cancer cell destruction (Fig. 1.1). 
 

 
Fig. 1.1: Diagrams of classification for cancer treatment techniques: minimally-invasive, thermal, and photo 
therapies. RF – radiofrequency, MW – microwave, US – ultrasound, HIFU – high intensity focused 
ultrasound, PTT – photothermal therapy, PDT – photodynamic therapy. PIT – photoimmunotherapy. 

Since the obtained knowledge, skills, and techniques proposed in this thesis can 
find a possible application in the three abovementioned areas, it is worth 
describing types of therapy in more detail. And, in general, it can be useful for a 
possible reader to know the overall context and place of the discussed thesis in 
the field of cancer treatment. 
 
Thus, this Chapter will start with the concept of phototherapy and its subdivisions: 
photodynamic therapy (PDT), photoimmunotherapy (PIT), and photothermal 
therapy (PTT). In this context, LA can be considered as a PTT because the main 
effect is based on temperature increase. 
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Then, thermal treatments (with any level of invasiveness) will be discussed. 
Thermal treatments can be divided according to the source of energy: microwave 
(MW), radiofrequency (RF), ultrasound (US), laser, and cryotherapy; or according 
to the interaction method: interstitial or extracorporeal (contactless); or 
according to the temperature values: fever-range hyperthermia (39.5 °C – 41.5 
°C), traditional hyperthermia (41.5 °C – 54 °C), and ablation (more than 60 °C) 
[6]. 
 
After, the introduction will cover minimally-invasive treatments as an alternative 
to conventional cancer treatment techniques. Later, the discussion will be 
narrowed to LA, its advantages and disadvantages, and the possibility of sensing 
and controlling techniques to improve the treatment. Finally, at the end of this 
section, the basics of fiber optic sensors and their application for LA will be 
discussed. 
 

1.2 Taxonomy of therapies 

1.2.1 Phototherapy 

It is quite fascinating that the history of phototherapy can be considered to be 
started 3000 years ago, when, according to the sacred Hindu texts Atharva Veda 
(~ 1400 B.C.), people with vitiligo were given specific herb extracts (Eclipta 
prostrata) and then exposed to the sun to cure the disease. Very interesting and 
unexpected application of phototherapy a long time before the invention of light 
sources and lasers! [7].  
 
Nowadays, with technological progress, the main principles and devices used for 
phototherapy are much more diverse and can be categorized into three main 
areas: PDT, PTT, and PIT. Each of them has distinctive damage mechanisms: 
interaction of light and light-sensitive medicine (porfimer sodium, aminolevulinic 
acid, benzoporphyrin derivatives, others) to destroy cancer cells for PDT, cancer 
cell death stemmed from the heat induced by light for PTT, and immune response 
for PIT [8], [9].  
 
The main principle of PDT is based on the photochemical interaction of (1) 
nontoxic photosensitizer (PS), (2) oxygen in tumors, and (3) light. The light 
wavelength range suitable for PDT is defined by the limits of absorption by tissue 
chromophores and is approximately equal to 650 nm – 1200 nm [10]. PS is 
introduced in the tumor, then the targeted area is irradiated by a specific 
wavelength (corresponding to the absorbance band of PS) in the presence of 
oxygen, and, as a result, highly reactive oxygen species (ROS) are generated [11], 
[12]. Therefore, significant toxicity is present in the area, and consequent cancer 
cell death is achieved via apoptosis or necrosis [13]. It is important to note that 
the lifetime of singlet oxygen is short (less than 300 ns), so the related diffusion is 
limited up to 60 nm in cells [14]. In this regard, limited light penetration and PS 
targeting are important fields of research for PDT applications in recent decades. 
 
PTT is based on the absorption of photon energy (of laser, visible light) by the 
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targetted tissue to induce thermal damage (local coagulation, necrosis, and 
apoptosis) to cancer cells [15]. It is worth mentioning, that nanoparticles 
(nanorods, nanoshells, nanocages based on gold, silver, copper sulfide (CuS) 
nanoparticles, carbon nanotubes, etc.) sometimes are utilized to increase the light 
energy absorption and increase the penetration depth of the light [16]. Moreover, 
the accumulation of nanoparticles only in the tumor and not in the surrounding 
healthy tissues can significantly improve the selectivity of the treatment (reduce 
collateral damage to healthy tissues). 
 
PIT actually is based on PDT or PTT, but the main focus is not to create 
photochemical (ROS production) or photothermal reaction (heat), but to increase 
the immune response that stems from the release of damaged associated and cell 
death-associated molecular patterns (DAMPs and CDAMPs correspondingly) 
[7]. In particular, PTT or PDT induces the release of heat shock proteins (HSPs) 
and stress-inducible glucose-regulated proteins (GRPs) from cancer cells. After 
antigen-presenting cells (APCs) can capture the abovementioned antigens (HSPs, 
GRPs, etc.) and present them to T cells (thymus-derived cells), in other words, 
the APCs “teach” T cells. Thus, T cells become able to recognize tumor cells and 
kill them, thus leading to a systematic antitumor immune response [17]. 
 
1.2.2 Thermal therapy 

Thermal therapy, as the name suggests, is based on thermal transfer into or out 
of the body to treat different diseases. Thermal treatments can have different 
sources of energy: electromagnetic (EM) non-ionizing radiations: RF (~100 kHz 
- few MHz), MW (~100 MHz - 10 GHz), laser (THz range); mechanical – US (2-
20 MHz sound waves) [18].  
 
For thermal treatments, the main effect on biological tissues is related to 
temperature and exposure time [6]. As a result, it is possible to categorize the 
treatment according to temperature levels: fever-range hyperthermia, traditional 
hyperthermia, and ablation [6]. Moreover, each temperature has its own 
distinctive effects on biological tissue, which are briefly summarized in Table 
1.2.1. 
 
TABLE 1.2.1. Effects of temperature on biological tissues for different 
temperature ranges 
 

Temperature (°C) Time Results 
< -50  >10 min freezing, disruption of cell membrane 

40 - 41 6 – 72 h increased tissue blood flow, metabolism,  
accelerated repair 

42 - 45 15 – 60 min increased tumor blood flow and oxygen level, an 
increase of sensitivity to radiotherapy 

> 50 > 5 min protein denaturation, coagulation 
60- 130 1 - 3 s coagulation, ablation 
100 - 300 1 - 3 s vaporization 
> 300 < 1 s carbonization, smoke generation 
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Thermal therapies can also be categorized according to the application area: (1) 
local – the temperature is changed in the small area at the tumor region 
(treatment can be interstitial or extracorporeal); (2) regional – the target is organ 
or region of the body – mostly used for deep tumors. It is worth noting that such 
treatment is more complex because the treated area usually is not homogeneous 
(different tissues or organs) [19]; (3) whole body hyperthermia – the temperature 
is increased to 42-43 °C – mostly for advanced metastatic cancer or human 
immunodeficiency virus treatment. Also, it can utilize different methods such as 
hot water blankets or thermal chambers [20]. 
 
1.2.3 Minimally-invasive therapy 

During minimally-invasive treatment, the tumor is locally destroyed via direct 
application of a chemical (non-energy) or energy-based therapy (nonthermal and 
thermal) [21]. As a result, the main advantage of such techniques is minimal 
invasiveness, which is possible with endoscopic or percutaneous guidance [22]. 
 
One of the non-energy-based minimally-invasive treatments is chemical ablation, 
during which cancer cell destruction stems from protein denaturation and cellular 
dehydration caused by an injection of chemical ablation agent (i.e., ethanol, acetic 
acid, urea) directly into the tumor [23]. Different routes can be utilized for 
chemical ablation: intravascular, interstitial, and intraarterial. Also, different types 
of delivery equipment (catheters), substances, and rates of injection (rapid or at a 
predefined rate) can be used. 
 
Nonthermal energy-based therapy includes mainly irreversible electroporation 
(IRE), in which therapeutic result is achieved by means of repeated short-duration 
high-voltage pulses, which lead to electropermeabilization - electrical breakdown 
of cell membranes and consequent cancer cell necrosis [24]. As the name 
suggests, after IRE the cell membrane pores are opened permanently leading to 
the demolition of physiological function and apoptosis [25]. Since electroporation 
is a nonthermal treatment, it is prone to a heat-sink effect that is a common 
problem for other thermal treatments.  
 
The next type of energy-based minimally-invasive treatment is a thermal 
treatment, which is based on inducing of local temperature change of the tumor, 
either with heating or cooling, that leads to malignant cell death [26]. They are 
divided based on the principles that induce temperature change: RF [27], MW 
[28], laser [29], cryotherapy [30], and US [31]. It is worth to mention that 
ultrasound ablation is based on two effects: thermal (conversion of acoustic 
energy into heat) and mechanical (acoustically induced cavitation) It is important 
to highlight, that applicator used as a device used to guide the energy should have 
a small size in order to minimize the physical trauma to the patient (using 
percutaneous or endoscopic guidance). Depending on the energy source, the 
applicator can be called an antenna for MW, an electrode for RF, laser fiber for 
LA, and a cryoprobe for cryoablation. 
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1.2.4 Discussion 

After the abovementioned categorization, it is easier to define the main 
challenges of the development of optimal therapy. Indeed, the main thermal 
therapy aspects to be optimized are: the definition of effective thermal dose, 
clinical trials to test the efficacy of thermal dose, instrumentation to precisely 
measure the thermal dose, and accurate delivery of the thermal dose [18]. 
Regarding phototherapy aspects, light-related parameters need to be optimized: 
wavelength and related penetration depth, irradiation profile, absorption and 
scattering properties of the targeted tissue. For effective minimal invasiveness of 
the treatment, it is important to solve the challenges related to the size, flexibility, 
and robustness of the applicator and sensing instrumentation, guiding aspects 
(under US or MRI imaging), and minimize the spread of remaining cancer cells 
during the removal of the applicator after treatment, etc.  
 
In this regard, different works were performed during my Ph.D. for optimization 
of aspects of laser treatment but they will not be discussed in the thesis in detail. 
Thermal therapy-related investigations: numerical modeling [32], [33], 
comparison of different sensing techniques [34], [35], noninvasive imaging using 
MRI thermometry [36]. Phototherapy-related investigations are: nanoparticle 
fabrication and characterization [37]–[40], the use of applicators with different 
irradiation profiles (bare fiber, diffuser, tapered tip) and dimensions (200 μm – 600 
μm), laser wavelength variations (808 nm, 940 nm, 970 nm, and 1064 nm). 
Investigated aspects related to minimal invasiveness mainly are catheterization 
of the laser fiber and sensing needle, bundling of the sensor and the laser fiber in 
one tubing, and the use of different laser fiber materials to improve flexibility.  
 
The works discussed in this thesis mainly focus on thermal therapy aspects: the 
instrumentation to measure the thermal dose (different fiber optic sensing 
techniques) and accurate delivery of the thermal dose (LA temperature-based 
control methods discussed in Papers A - C). The definition of effective thermal 
dose via numerical modeling can be considered as a complementary instrument 
for treatment optimization (used in Papers B, C). Moreover, Papers D, E aimed 
to investigate not only thermal dose monitoring but also measurements of the 
ablated tissue changes (using RI measurements).  
 

1.3 Laser ablation 

LA is minimally-invasive photothermal therapy, an intersection of the three 
abovementioned therapies. Minimal invasiveness stems from the fact that a small 
flexible optical fiber is used to transport monochromatic light into the targeted 
tissue. The treatment is considered thermal because the main effect is the 
absorption of laser light energy and its conversion into heat to induce cancer cells' 
death. Also, due to the fact that the thermal dose is high, the treatment is called 
ablation (temperatures near the applicator are more than 60 °C). 
 
The main unique features of LA over other thermal ablation techniques are: 
flexibility and small dimensions of the applicator (laser fiber diameter < 1 mm), 
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and immunity of the applicator to electromagnetic interference (laser fiber 
material is glass or plastic). As a result, LA can be considered one of the least 
invasive methods which can be used to treat deep-laying organs. In addition, a 
laser fiber is compatible with Magnetic Resonance (MRI) and computed 
tomography (CT) imaging, which can be important tools for treatment planning, 
positioning of the applicator, and monitoring of the targeted tissue properties [16]. 
Moreover, the short duration of the procedure, less pain, and reduced cost of 
therapy pave the way for more investigation of clinical applications of LA for 
cancer treatment. 
 
The first application of LA for cancer treatment was performed by Bown in 1983 
to treat brain carcinoma. Nowadays, investigations of LA for different organs 
have been reported: bones [41], thyroid [42], liver [43], pancreas [44]–[46], brain 
[47], [48], prostate [49], lung [50], and breast tissue [51].  
 
The main disadvantage of LA is a smaller volume of the ablated region compared 
with other ablation techniques, whichs stem from the low penetration depth of 
the laser light. Indeed, for the treatment of medium or large-size tumors, RF and 
MW techniques are more developed and used in clinical scenarios [52]. 
Therefore, the main commercial and clinical interest is in the niche where 
minimal invasiveness of LA plays a crucial role (in the case of pancreas, brain, 
prostate), or MRI/CT compatibility of the applicator is needed. 
 
Even in the niche, the uncertainty in the treatment results limits the clinical 
application of LA. The therapy outcome depends on different parameters: 
wavelength and power of the laser, applicator properties, tissue perfusion, and 
tissue thermal and optical properties. As a result, it is very difficult to accurately 
predict the thermal effect, guarantee complete tumor destruction and minimize 
cancer recurrences [53]. In this regard, it is important to accurately visualize and 
control in real-time the thermal outcome to selectively treat pathological tissue 
with safe margins for healthy tissues.  
 

1.4 Monitoring of laser therapies for cancer treatment  

In laser ablation (as in other thermal therapies), it is important to guarantee 
complete tumor destruction and reduce collateral damage to healthy tissues for 
the minimization of tumor recurrences [53]. The main steps to guarantee it are: 
planning, targeting, monitoring, intraprocedural modifications (also called 
feedback control), and evaluation of treatment response [54]. While planning and 
targeting are performed before the actual start of the ablation, and evaluation of 
treatment response after it; the other two steps (monitoring, and intraprocedural 
modifications) are performed in real-time. It is worth noting that monitoring can 
be considered as a base of feedback control of treatment [55]. 
 
Monitoring is usually divided into non-invasive (contactless) and invasive 
(contact) types [56]. For invasive techniques: IR imaging, US imaging, CT, MRI, 
and shear wave elastography [57]–[60] can be used for measuring ablation effects 
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via evaluating tissue changes in density, reflectivity, and phase [55]. It should be 
noted that non-invasive monitoring (imaging) can be categorized into two main 
types: (1) visualization – when the ablated volume is evaluated based on the tissue 
changes analysis; and (2) thermometry – tissue temperature measurements. 
 
1.4.1 Non-invasive monitoring 

Despite the noninvasiveness of these methods, different aspects limit the 
application of such techniques. For instance, only MR-compatible devices can be 
used in parallel with MRI monitoring, ionizing radiation limits CT application, and 
US imaging is not effective for a high range of temperatures [61]–[63].  
 
US monitoring is based on the analysis of the reflected sound waves at the 
boundaries of tissues. US visualization can be used to evaluate the ablated region 
by assessing the echogenic zone that should increase in volume as the ablated 
volume increases [64]. This approach is popular among clinicians due to its 
simplicity, but it is only a rough estimation of the ablated margins and other 
techniques need to be implemented [65]. US thermometry relies on the 
dependency between temperature and frequency shift of US signal and related 
sound speed variation [66]. However, at high temperatures, US thermometry 
becomes less effective due to nonlinear temperature dependency, tissue phase 
changes, and the presence of cavitation bubbles [67]. 
 
CT imaging is based on the interaction between a series of X-rays that pass 
through the patient and the tissue properties. As a result, the image in which each 
pixel is related to the average attenuation of the tissue part can be obtained. To 
obtain thermometry information from CT images, the dependency between 
tissue physical density and temperature has to be analyzed [57], [68], [69]. 
However, exposure to X-ray radiation is one of the main limitations of CT 
imaging and related thermometry. 
 
Infrared imaging is not used for tissue properties measurement, but directly for 
temperature monitoring which relies on the detection of infrared (900 nm - 14 

μm) energy emitted from the surface of the monitored object [70]. Since it 
requires a line of sight between the camera and the ablated region, it is mainly 
utilized for skin ablation or ablation performed via open surgery [71]. 
 
During MRI imaging, strong magnetic fields force protons in the body to align to 
that field. Then, RF current is applied for a short period to spin the protons out of 
the equilibrium. Immediately after the RF signal, the protons realign back and 
release some energy. The analysis of this energy and time of realignment 
provides information about the monitored tissue properties [72]. It is important 
to highlight that MRI differs from CT – it does not use X-rays and ionizing 
radiation. The main principle of MRI thermometry is the dependency between 
temperature and MRI-related properties: the relaxation times, the diffusion 
coefficient, and the proton resonance frequency (PRF) shift [73]. 
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Several clinical MRI thermometry systems have been already introduced to 
clinical scenarios of non-motion organs, such as the brain, prostate, and breast 
[74]–[76]. The main limitation of MRI thermometry for LA is the formation of gas 
bubbles at high temperatures that lead to magnetic susceptibility strong contrasts 
and related artifacts that decrease the accuracy of thermal mapping or can even 
lead to loss of thermal information in the vicinity of the laser applicator [73]. 
 
1.4.2 Invasive monitoring 

For invasive approaches, the most used techniques are thermocouples, 
thermistors, and fiber optic sensors (fluoroptic sensors, distributed sensing, FBGs, 
etc.) [53]. The main disadvantage of invasive monitoring is the need to insert the 
sensor in the region of interest. However, the low cost, accuracy, and reliability, 
and the possibility in some cases to embed them into the applicator pave the way 
for the development of this approach. 
 
The thermocouple working principle is based on the use of the electrical junction 
of two dissimilar conductors that produces a temperature-dependent voltage 
[21]. The main limitation of thermocouple use for LA is the light absorption by 
metallic conductors that can lead to the change of the heat profile and 
temperature overestimation (~ 20 °C near the laser applicator) [77]. Thermistor 
sensing is based on specific resistors that have temperature-dependent 
resistance. In addition, single-point measurements provided by thermocouples 
and thermistors do not allow proper temperature mapping during LA. Therefore, 
other techniques need to be investigated for optimal treatment monitoring. 
 
Fiber optic monitoring can be considered a good alternative to conventional 
thermocouples and thermistors due to the small size and flexibility of optical 
fibers, immunity to electromagnetic interference, and biocompatibility [18]. 
 
Fluorescence optical sensors (fluorooptic) utilize the dependence between 
temperature and fluorescence decay time of the material (alexandrite, thulium, 
ruby, etc.): the material at the tip of the sensor is excited by a light pulse, and then 
the fluorescent signal exponentially decays [53]. The measured time constant of 
the decay allows reconstruction of the point temperature at the sensor tip.  
 
For distributed fiber optic sensing, one of the widespread techniques is based on 
Rayleigh scattering phenomena: dependency between temperature and the 
spectra of each segment of the fiber [78]. Therefore, it is possible to reconstruct 
the temperature change profile along the fiber by comparing the measured 
spectra and spectra at the reference state (no temperature applied). The main 
limitations of Rayleigh-based sensing are the high cost of the interrogation device, 
low spatial resolution and low sampling frequencies (in comparison with FBG 
measurements). 
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Fiber Bragg grating sensors 

FBG is a fiber-optic structure that consists of a periodic variation of the refractive 
index in the fiber core. In the case of sending a broadband light through the optical 
fiber into this structure, each line in the grating (line as a transition between two 
media with different refractive indices) reflects a small part of wavelength 
centered at 𝜆𝐵, finally resulting in a high amplitude reflection centered at Bragg 
wavelength. In other words, self-backward coupling of the core mode occurs.  

Bragg wavelength is, obviously (from the classical wave approach), proportional 
to the grating period 𝛬 and, in addition, to 𝑛𝑒𝑓𝑓 since the wave is traveling in a 

specific medium (that has a specific refractive index  𝑛𝑒𝑓𝑓): 

𝜆𝐵 = 2𝑛𝑒𝑓𝑓𝛬                                              (Eq. 1.1) 

 

Figure 1.2: FBG principle: periodic change of refractive index in core (nco+Δn) reflects only part of incident 
light. The reflected part is centered at Bragg wavelength 𝜆𝐵. 

 

FBG temperature sensing is based on the dependency of the material properties 
(thermal expansion and the temperature dependence of the refractive index) and 
Bragg wavelength [79]. As a result, it is possible to derive the equation between 
the Bragg wavelength shift and related temperature change:  

                                 , ,B T B initialB

B B

T
 


 

 −
= =           (Eq. 1.2) 

 

where (°C-1) is the thermal sensitivity of the grating. 

 
It is important to note that FBG is also sensitive to strain due to FBG elongation 
(and related change in grating period), and the change in fiber index due to 
photoelastic effects. As a result, it is important to have constant strain (or 
compensate external strain perturbations) to have accurate FBG temperature 
measurements, 

Moreover, it is possible to have multi-point measurements using an array of 
spatially-resolved FBGs, each with a different grating period, inscribed in one 
fiber. Incident broadband light reflects from each FBG at a distinctive Bragg 
wavelength. Thus, quasi-distributed measurement is possible by analyzing the 
Bragg wavelength shift of each reflected peak. 
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Tilted fiber Bragg grating sensors 

There are several well-written reviews about tilted FBG (TFBG) [80], [81] that 
provide detailed theoretical background and application aspects of this sensor. 
In general, TFBG is a specific type of FBG. Thus, it is able to measure the same 
parameters as FBG: temperature, axial strain, and pressure. The main distinction 
between TFBG and FBG is the tilt of grating planes to the optical fiber axis.  

Fig. 1.3 reports the transmission spectrum of custom-made TFBG with a 10° tilt 
angle. The dips on the transmission spectrum (resonances) can be clearly seen – 
they stem from the coupling of the forward-propagating core mode to a group of 
backward-propagating cladding modes. 

It is worth noting, that tilt of FBG amplifies such coupling (small coupling can be 
noticed even without tilt, for example in standard FBG). Resonances of such 
coupling lead to dips on the TFBG transmission spectrum, also called cladding 
modes. Such cladding modes are sensitive not only to temperature and strain (as 
the core mode) but also to the variation of surrounding RI. As a result, TFBG can 
be used as an RI sensor, and, with additional modifications, for biosensing [81]–
[84]. 

 

Figure 3: Transmission spectrum of TFBG (10° tilt, 1 cm length). Coupling to the cladding mode resonances 
leads to dips in the transmission spectrum. 

 

1.5 Laser ablation feedback systems 

Earlier attempts to develop a feedback system to regulate laser power and reduce 
the risk of excessive heating during LA have been based on the measurement of 
temperatures using thermistors, thermocouples, and IR imaging. 

For thermistor-based control, ON-OFF temperature control with 43 °C pre-set 
temperature was developed in [85]. In [86] a laser device has been designed to 
deliver high laser power to deep tissue areas embedding one thermistor. The 
temperature of the tissue in the border area was computed and used to control 
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the laser power automatically and to modulate it continuously in order not to 
exceed the critical temperature. It is worth noting that the control is performed 
dynamically with software support, triggered by the operator via a laser pedal. In 
[87] the temperature distribution was monitored by several thermistor probes. A 
Microprocessor controlled power regulation integrating a diode laser (805 nm 
wavelength). The temperature was controlled at one feedback thermistor 
positioned at a 5 mm distance from the fiber tip through stepwise changes in 
output power.  

For thermocouple-based control, ON-OFF temperature control between 42 °C 
and 44 °C was used in [88]. As soon as the temperature was over the upper range 
the delivery of laser energy stopped. The system allowed for either continuous 
wave (CW) or pulse mode of laser energy delivery to be rapidly available in order 
to maintain the fine control of tissue temperature between the pre-set ranges. The 
pulse mode allowed more precise control than a continuous wave. In [89] ON-
OFF temperature control is designed with two T-type thermocouples that 
measured the temperature during nanoparticles-mediated photothermal therapy. 
In [90], a thermocouple-assisted PID controller is employed during 980-nm LA 
with a radial diffusion applicator to attain the pre-determined temperature (80 °C) 
for tissue coagulation theoretically and experimentally.  

Regarding thermography-based control, in [91] temperatures in a selected area 
including the irradiated spot were captured by the thermal sensor circuit and used 
to modulate the laser current and control the target temperature. While in [92], 
an IR camera was used for “low and slow” control – an open loop designed to 
control the temperature within a target range of 50° C -60 °C. 

Later in [93], a photo-optic probe was used to measure the temperature as well 
as the applied energy at the laser tip continuously. The power of the laser source 
was dynamically controlled by the thermosensor so that the preselected 
temperature at the fiber tip was automatically kept constant. If the applied energy 
mismatches with the measured temperature on the application probe (fast 
increase in temperature at a relatively small applied laser power) and 
carbonization can be expected, a carbonization alarm was generated, and energy 
deposition was suspended. 

Some of the emerging non-invasive thermometry methods were also investigated 
for control-loop implementation. Photoacoustic (PA) imaging is an emerging 
hybrid modality that has the contrast of optical imaging and the high resolution 
of ultrasound imaging. PA techniques have the advantages of better temperature 
sensitivity and the potential to extract absolute temperature at depths. For 
example, in [94] single CW-laser-based photothermal system with ultrafast 
frequency-domain photoacoustic (FD-PA) temperature feedback. By interleaving 
FD-PA temperature measurement into photothermal heating (therefore, time-
sharing the laser) and incorporating closed-loop control, the photothermal 
temperature was self-regulated. 
 
Assi et al. [95] proposed an automated control system for hyperthermia therapy 
that can accurately achieve a prescribed temperature for both surface heating 
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and deep-tissue heating. The control was based solely on real-time PA 
thermometry, without any invasive point thermometry. The laser power was 
controlled using a PID controller.  
 
The general advantage of sensor-based systems is continuous real-time 
temperature measurement and, as a result, real-time LA control. While in an 
MRTI-based system, the image acquisition and update time define a delay 
between discrete temperature measurements. One of the disadvantages of the 
MRTI is bubble formation and the cavitation artifacts that can significantly reduce 
the accuracy of the measurements. 
 
In general, thermocouples and thermistors usually rely on the use of single-point 
measurement to perform the temperature control strategy, hence leading to 
increased invasiveness when more sensors are needed for performing both 
control and monitoring in the tissue. In addition, metallic material absorbs the 
laser light and leads to temperature overestimation. Indeed, in the recent work 
focused on the PID regulation using thermocouple measurements, a 0.5 mm 
plastic plate was positioned between the laser applicator and the thermocouple 
to prevent laser light artifacts along with self-heating heating [90]. Paiella et al. 
performed clinical testing of immune-stimulating interstitial laser thermotherapy 
control based on thermistors measurements. The investigation shows 
unsatisfactory results in terms of device handling, safety, and feasibility [96]. In 
order to avoid such complications during LA, the use of electromagnetic immune 
fiber optic sensors for LA regulation receive more and more interest in recent 
times.  
 
Recently, several works investigated the possibility to use fiber optic sensors for 
LA control: ON-OFF control for 1D [97], 2D superficial ablation [97], and 
interstitial ablations [2], and PID-based control for interstitial ablation [3].  
 

1.6 Equipment used in the experiments (Paper A – Paper E) 

1.6.1 Interrogators 

Two main optical interrogators that were used in the works described in Papers 
A - E are MicronOptics si255 swept-laser interrogator (Micron Optics, Atlanta, 
USA) and optical backscatter reflectometer LUNA OBR 4600 (LUNA OBR 4600 
from LunaInc, Blacksburg, VA, USA).  

MicronOptics si255 was used for FBG arrays and TFBGs interrogation. It allows 
using 16 channels at the same time, the wavelength range is 1460 nm – 1620 nm 
and a wavelength resolution of 8 pm (20000 points per wavelength range), 
wavelength accuracy is 1 pm, and 1 kHz sampling rate. For FBG measurements, 
only peak data saving was utilized because temperature reconstruction is based 
only on the Bragg peaks shifts and the measurements of the whole spectra are 
not needed. For TFBG measurements, the spectral data saving modality was 
used because it was important to save the whole spectra with the core mode and 



19 

 

cladding mode resonances. In cases when both FBG and TFBG were connected 
to MicronOptics, the combination of both modalities of data saving was used. 

TFBG interrogation in Paper D was performed with LUNA OBR 4600 at a 
wavelength range between 1525 nm and 1610 nm, sampling frequency ~0.3 Hz. 
Since in this work only RI calibration was done using single measurements, the 
low sampling rate did not affect the experiments. Moreover, the backscatter-level 
sensitivity of – 130 dB allowed to measure the highly-etched TFBG states, which 
have very low intensity since part of the light leaves the fiber.  

1.6.2 FBG and TFBG sensors 

Temperature measurements discussed in this thesis were performed by the 
custom-made highly dense FBG arrays inscribed with femtosecond point-by-
point writing technique [98]. ABL1000 air-bearing linear stage (Aerotech Inc., 
Pittsburgh, PA, USA) was used for accurate fiber positioning during inscription. 
The properties of the femtosecond Pharos 6W laser system (Light Conversion Ltd., 
Vilnius, Lithuania) are following: duration of 232 fs, 1000 Hz repetition rate, 0,1 
μJ of pulse energy, and wavelength of 1026 nm (Fig. 1.4). 

The design of FBG was optimized to have a wavelength separation between 
adjacent Bragg peaks of 4 nm (Fig. 1.5 reports FBG spectrum). As a result, 40 
FBGs were possible to observe in the Micron Optics si255 wavelength range 
(1460 nm – 1620 nm). The resulting grating length is equal to 1.19 mm, and the 
edge-to-edge distance between gratings is 0.01 mm. Thus, the total sensing length 
is 48 mm with a spatial resolution of 1.2 mm.  

For fiber, polyimide-coated single-mode fiber SM1500(9/125)P with a reduced 
coating diameter of 145 μm (Fibercore Ltd., Southampton, UK) was used. Since 
polyimide is transparent to IR femtosecond radiation, it was possible to inscribe 
gratings directly through the polyimide and avoid coating removal. Moreover, 
polyimide provides high thermal resistance (400 °C for polyimide coating vs. 80 
°C for conventional acrylate coating), and low thermal conductivity [98]–[100]. 
The cost of FBG sensing is significantly smaller than MRI-thermometry [101], and 
it has better metrological characteristics (i.e., response time in the order of 0.1 s 
and accuracy of <1 °C). 
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Figure 1.4: Femtosecond point-by-point FBG inscription in the polyimide-coated single-mode fiber. The 
ranges of the main laser and grating characteristics (wavelength, pulse energy, pulse duration, pulse 
repetition, grating period) are given. 

 

Figure 1.5: (a) Reflection spectrum of the custom-made FBG array (grating length is equal to 1.19 mm, and 
the edge-to-edge distance between gratings is 0.01 mm); (b) LUNA OBR 4600 backscattering signal: the 
distance between the ends of the gratings (drops in amplitude) is 1.19 mm. 

 
Temperature calibration of FBG arrays was performed in the thermostatic 
calibrator (Giussani Quartz) in the range of 20 °C – 125 °C with a 10 °C step. The 
reference measurements were performed by a PT100 thermistor (±0.15 °C 
accuracy). The resulting sensitivity of the arrays is (7.43 ± 0.01)×10-6 °C-1 [1], [98].  

Several variants of FBG arrays were fabricated and used in the experiments: an 
array of 25 FBGs (grating length 0.9 mm, edge-to-edge distance is 0.1 mm), an 
array of 40 FBGs (grating length 1.19 mm, edge-to-edge distance is 0.01 mm), 
and an array of 40 FBGs (grating length 1.15 mm, edge-to-edge distance is 0.05 
mm). The two later options are more optimal for LA due to their sensing length 
(~ 48 mm) which allows for measuring the whole temperature profile and 
provides easier positioning of the sensing part near the applicator inside the 
ablated tissue.  
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1.6.3 Laser diode  

For laser ablation, the continuous-wave diode laser (LuOcean Mini 4, Lumics, 
Berlin, Germany) was utilized. In the laboratory, four different diodes are available 
each having different wavelengths: 808 nm, 940 nm, 975 nm, and 1064 nm. All 
these wavelengths belong to the "therapeutic window" (650 nm – 1300 nm) that 
provides a good tradeoff between penetration depth and absorption of the laser 
by the tissue [102]. As a result, the most utilized wavelengths for soft tissue 
ablations are 800–980 nm and 1064 nm [29]. 
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Chapter 2. LA temperature-based 
control with FBG sensors  
 
As mentioned in the previous chapter, most of the works on LA control are based 
on temperature measurements provided by thermocouples and thermistors. The 
main disadvantages of these methods are the metallic material of the sensors and 
their low spatial resolution. Metallic material absorbs laser light and heat; thus, 
leading to an overestimation of temperature that can reach above 20 °C [56], [77]. 
The low spatial resolution of conventional sensors does not allow proper 
temperature reconstruction due to high thermal gradients, especially in the 
proximity of the applicator tip [103]. 
 
In this regard, fiber optic-based sensors can provide unique advantages, such as 
immunity to electromagnetic interference, small size, biocompatibility, and multi-
point sensing. The following chapter covers works on LA control using fiber-optic 
sensors carried out during my Ph.D. studies and published by the research team. 
These are the first works available in the literature on the application of FBG 
technology for the real-time control of LA thermal therapy. 
 
For all these works, my part was the development of a custom-made LabVIEW 
program for LA control, sensors calibration, experimental setup development, 
conduction of the experiments, critical data analysis, and paper writing. The main 
steps of the developed LabVIEW programs are: 1) monitoring of FBG peaks data 
by the optical interrogator and sending this data to the computer in a real-time 
mode; 2) temperature reconstruction on the computer; 3) Laser diode power 
modulation based on the measured temperature.  
 
The order of presenting papers in this chapter follows the criterium of increased 
clinical applicability for interstitial ablation. Indeed, Paper A discusses the setup 
when the fibers are positioned on the tissue surface. This setup is far away from 
the interstitial application but can be an important tool to improve laser treatment 
of skin cancers, as an alternative to traditional non-invasive infrared imaging. 
Paper B can be considered as the first step for interstitial applications of fiber 
sensors for LA regulation and it introduces the numerical COMSOL model as a 
tool for pre-treatment optimization of the procedure parameters. Later, Paper C 
is an additional step in the development of accurate temperature regulation with 
a better controlling technique, i.e., the PID regulation.  
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2.1. Paper A: ON-OFF non-invasive LA control 

Paper Title: “Closed-Loop Temperature Control Based on Fiber Bragg Grating 
Sensors for Laser Ablation of Hepatic Tissue” [1]. 
 

Paper Objective:  
The first work towards the development of LA control using FBG measurements 
was presented by our group in the 2020 IEEE Workshop on Metrology for 
Industry 4.0 and IoT [97] by introducing the algorithm to measure temperature 
along one FBG array on the tissue surface and ON-OFF laser control. However, 
the setup of using only one FBG array (1D monitoring) for non-invasive ablations 
is not well appropriate for clinical applications. Indeed, recently IR imaging was 
used for 2D temperature mapping, for example during skin heating [92]. 
However, an IR camera is not immune to electromagnetic interference, so it can 
not be used in an MRI machine. Thus, fiber sensing can be a good option for 2D 
temperature mapping. Therefore, the main idea of Paper A was to develop the 
matrix of sensing points on the ablated tissue (using several parallel FBG arrays) 
for 2D mapping and perform ablated area regulation.  
 

In this regard, the objective of Paper A was to develop and test the system (as a 
proof of concept) for ON-OFF temperature control of superficial laser ablation 
based on the use of custom-made highly-dense FBG arrays. Investigation of the 
relation between the controlled parameters (temperature and radius of the 
controlled thermal map) and thermal damage zone.  
 

Methods: 
The main idea of the work was to utilize the system of 3 parallel FBG arrays on 
the surface of the ex vivo porcine liver and to perform controlled superficial 
ablation based on FBG array measurements (Fig. 2.1.1). Collimator (OZ Optics 
Ltd., Ottawa, Canada) positioned at a 7 cm distance above the tissue surface to 
guarantee small beam divergence: collimated beam diameter = 15.4 mm, the 
effect of divergence for 7 cm distance is 0.8 mm, the final beam diameter on the 
surface is 16.2 mm. FBG interrogation was performed by MicronOptics si255, 
then the data was transferred to PC and related temperature values were 
obtained. After, the laser diode was controlled based on the reconstructed 
temperature maps.  

 

Fig. 2.1.1. Superficial ablation experiment: 3 parallel FBG arrays positioned on the liver surface. Laser diode 
control is based on FBG temperature measurements. (a) Schematics of the experiment; (b) Photo of the 
setup 
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The ON-OFF control logic was during tissue ablation utilized to perform a zone-
control: the area of the ablation was regulated by adjusting the input parameters 
of the control algorithm (set temperature Ts and set radius rs). Fig. 2.2.2 reports 
three main steps of the LabVIEW algorithm: (1) alignment phase, when peaks of 
the reconstructed Gaussian profiles were aligned at the beginning of ablation; (2) 
reconstruction of the two-dimensional temperature maps, and (3) real-time laser 
ablation control. 
 

 

Fig. 2.1.2. Three stages of the developed LabVIEW algorithm for zone-control logic based on FBG array 
measurements. 

Results: 
The main results of the experiments can be divided into two main categories: a) 
temperature profiles vs. time for each array; and b) spatial temperature maps (x 
vs y-axis) reconstructed from the FBG array measurements. The first category 
reports that the maximum temperatures follow the set thresholds; moreover, a 
characteristic sawtooth-like shape is observed, due to the effect of the laser that 
is switched ON and OFF according to the set Ts and rs. The second category 
shows a spatial temperature map and related thermal damage on the surface of 
the ablated tissue. 
 

a) Temperature profiles vs. time for each array 
The maximum temperature during the experiments corresponds to the center of 
the collimated beam on the tissue surface. As a result, the central FBG array 
experienced the highest temperature increase. The temperature profiles of this 
increase for each experiment (uncontrolled (green line) and controlled ones) are 
presented in Fig. 2.1.3. As can be seen, the maximum temperature oscillates near 
the set temperature Ts. Moreover, the magnitude of these oscillations (the 
average difference between the highest and lowest peaks, ΔTp) is dependent on 
the set radius rs. 
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Fig. 2.1.3. Evolution of maximum measured temperature for each test: uncontrolled one, and controlled 
ablations with different input parameters (Ts and rs ). Table summarizes test inputs and measured magnitudes 
of oscillations. 

Fig. 2.1.3 shows the temporal profile only of the maximum point measurement of 
the central FBG array. In this regard, it is important to utilize quasi-distributed 
sensing of FBGs and show spatial profile evolution: x-axis vs. time, where the x-
axis corresponds to the distance along the sensing part of the fiber. Thus, Fig. 
2.1.4 a-d report controlled tests, and Fig. 2.1.4 e – the test performed without any 
laser control. The effect of the control is clearly observable: during the 
uncontrolled case, heat is distributed towards the edges of the irradiated zone, 
and the width of the >100 °C is around 8 mm. Even after the switching of the 
laser, some heat is still dissipated around the zone. While more regular behavior 
can be observed in the controlled cases. 

 

Fig. 2.1.4. Temperature profile evolutions (distance along the sensor vs. time) for controlled (a - d) and 
uncontrolled tests (e), where (a) 55 °C and 6 mm; (b) 43 °C and 6 mm; (c) 55 °C and 2 mm; (d) 43 °C and 2 
mm; 

b) Spatial temperature maps reconstructed from the FBG array 
measurements 

Test ΔTp (°C) 

Test a (55 °C, 6 mm) 13.7 ± 1.0 

Test b (43 °C, 6 mm) 18.2 ± 3.4 

Test c (55 °C, 2 mm) 7.9 ± 2.2 

Test d (43 °C, 2 mm) 4.9 ± 0.5 

Test e (uncontrolled) - 
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After reporting temperatures of the one-point temporal profile (Fig. 2.1.3) and the 
spatial profile evolution (Fig. 2.1.4), it is important to show two-dimensional 
spatial maps (distance along the sensor vs. distance between the FBG arrays). Fig. 
2.1.5 shows such maps (at the time moment of the highest temperature) with 
imposed circles defined by the set radius rs. The temperature maps show that the 
“zone-control” logic approach prevents temperatures higher than Ts. Nevertheless, 
it is worth mentioning that oscillations also affect spatial distribution -
temperatures higher than Ts can be observed for a short time even out of the set 
radii. 

Fig. 2.1.5 reports photos of the thermal damage of the ablated tissues, which is 
clearly visible for both tests with Ts =55 °C, while thermal damage for Ts =43 °C, 
is distinguishable only for a 6 mm set radius. The uncontrolled case, as expected 
from spatial thermal maps that reach >150 °C, experienced the largest thermal 
damage, coagulation, and carbonization. 

 

Fig. 2.1.5. Two-dimensional spatial temperature maps (distance along the sensor vs. distance between the 
FBG arrays) for controlled (a - d) and uncontrolled tests (e), where (a) 55 °C and 6 mm; (b) 43 °C and 6 mm; 
(c) 55 °C and 2 mm; (d) 43 °C and 2 mm; 

 

Fig. 2.1.6. Photos of the thermal damage after the ablation tests: (a) 55 °C and 6 mm; (b) 43 °C and 6 mm; 
(c) 55 °C and 2 mm; (d) 43 °C and 2 mm; and (e) uncontrolled ablation. 
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Discussions:  
The results show that the main aspect that limits the effective and accurate LA 
ON-OFF control is the presence of temperature oscillations. As a result, the 
thermal dose distribution is not fully contained in the region of interest. Therefore, 
it is clear that the main future works should be focused on the improvement of 
the LA controlling strategy.  
 

Moreover, since the thermal effect on biological tissues is based on temperature 
and its duration (thermal dose), it can be more interesting to control not the 
temperature map, but the thermal dose. Possible methods to measure thermal 
dose can be applications of the Arrhenius equation or the cumulative thermal 
dose (CEM43) estimation, which have been already used to assess the severity 
of thermal damage for different types of tissue in [104]. Indeed, later the 
experiments done in Paper A were post-processed and modeled in COMSOL to 
obtain thermal damage simulation of the tests [105]. The obtained results are 
shown in Fig. 2.1.7. Such modeling in real-time during the procedure would 
significantly improve thermal dose control and treatment efficacy in the future.  

 

Fig. 2.1.7. Photos of the thermal damage after the ablation tests and modeling of corresponded thermal 
damage for different set temperature Tth and set radii r. 

Most of the previous investigations of real-time LA control employed single-point 
measurements [89], [97], [106], or multi-point contactless thermometry [91]. The 
application of FBG arrays for superficial ablation can be an effective tool for LA 
control and an alternative to contactless imaging techniques, which can not be 
used in environments with high electromagnetic interference. In this regard, the 
matrix of fiber optic sensing points (in this case 40 x 3 matrix) can provide 
accurate temperature maps for LA regulation.  
 
It is important to mention, that several works already utilized more dense 
matrices for strain and temperature which provided better spatial resolution of 
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measurements [107], [108]. Moreover, it is also possible to incorporate/weave 
fiber sensors in a special material to provide a portable sensing structure for 
better use in different environments. In addition, several machine learning 
techniques were developed to improve the spatial resolution of such 
measurements [109], [110].  
 

See Paper A in the Appendix for more details of this work.  
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2.2. Paper B: ON-OFF interstitial LA control 

Paper Title: “Quasi-distributed fiber optic sensor-based control system for 
interstitial laser ablation of tissue: theoretical and experimental investigations” [2]. 
 

Paper Objective:  
After the implementation of the ON-OFF control strategy for superficial ablation 
control (Paper A), it was important to evaluate the effect of oscillations in an 
interstitial case. Indeed, since both the sensors and the laser-guiding fiber are 
inside the ex vivo tissue, laser-tissue interaction and heat distribution will 
significantly differ from the setup of Paper A (superficial ablation assisted by a 
collimator and sensors positioned on the tissue surface). To facilitate pre-
planning of the interstitial LA procedure, the COMSOL model was developed 
and used to simulate ON-OFF control logic and its effect on temperature maps 
and tissue thermal damage. 
 
Therefore, the investigation was focused on the development and testing of LA 
regulation for interstitial ablation. Four parallel highly dense FBG arrays were 
positioned parallel to the laser fiber inside ex vivo porcine liver tissue. My part of 
the work was the sensors calibration, development of a custom-made LabVIEW 
program, experimental setup development, conduction of the experiments, and 
paper writing. The COMSOL model was developed and described in the paper 
by my colleagues. 
 

Methods: 
The setup consists of four parallel FBG arrays inserted in the liver phantom 
parallel to the laser fiber (Fig. 2.1.1). The custom-made plexiglass box was used 
to guarantee accurate positioning of the laser fiber and the sensors. The 
placement of the fibers was performed using medical needles: they were inserted 
into the tissue, then FBG arrays were placed inside of the needles, after the 
needles were pulled out and the sensing fibers remained in the tissue. 
 
Two main input parameters were: set temperature Ts (40 °C for all controlled 
tests) and controlled distance d. The controlled distance is the distance (in the 
axis of the laser applicator) between the maximum measured temperature during 
LA and the controlled plane zd, at which temperature is controlled using ON-OFF 
logic. The main concept of the developed LabVIEW program is similar to the 
three stages used in Paper A for the zone-control.  
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Fig. 2.2.1. Experimental setup for interstitial LA control: (a) schematics; (b) photo of the custom-made box 
used to guarantee accurate positioning of the sensors and the fiber in the tissue; (c) photo of the top of the 
box: fiber sensors were positioned in the green-labeled holes, the laser fiber – at the central hole. 

 
Fig. 2.2.2. Temperature control for interstitial LA: (a) input parameters: set temperature and controlled 
distance d. FBG sensing regions (red lines) are not spatially aligned; (b) alignment of measured profiles; (c) 
control logic. 

Numerical Simulation 
Before the actual experiments, the finite element method (FEM) solver using 
COMSOL was used to model the experimental setup had been developed (Fig. 
2.1.3). The geometry and the mesh of the model are reported in Fig. 2.1.3. The 
model includes the laser applicator, porcine liver tissue and fiber sensors (with 
the corresponding dimensions, absorption coefficients, thermal conductivity, 
density, and heat capacity coefficients). 

 

Fig. 2.2.3. COMSOL model of experimental setup: (a) geometry model consisting of laser fiber. FBG arrays, 
and cylinder of porcine liver tissue; (b) Zoom-in of the central part of used mesh (minimum mesh size is 0.01 
mm) 
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The temperature-related laser-tissue interaction was modeled using the heat 
diffusion equation: 

( ) laser

T
ρ c k T = Q

t


   


+ -                                 (Eq. 2.2.1) 

where ρ is density (kg·m-3), c is specific heat (J·kg-1·K-1), k is thermal conductivity 
(W·m-1·K-1), T is temperature of tissue (K), and Qlaser is related to heat generated 
by a laser (W·m-3) [111]. 
 
The optical related interaction between tissue and laser: light penetration and 
related energy absorption by tissue was modeled based on the Beer-Lambert law: 
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where αa is the absorption coefficient (m-1), dt is axial depth in tissue (m), and Ir is 
laser irradiance (W·m2) [45]. 
 
To measure thermal damage induced by laser irradiation (degree of tissue injury 
θ(r,t)) in the model, the Arrhenius equation [111] was used: 
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where Af is the frequency factor (s-1), τirr (s) is total irradiation time, np is the 
polynomial order, Ea (J·mol-1) is the denaturation activation energy, R (J·mol-1·K) 
is the universal gas constant, and T (K) is the absolute temperature in tissue. The 
portion of damaged tissue, PDT, is therefore calculated based on the degree of 
tissue injury θ, according to [112]: 

( )( )PDT min max θ¸0 ¸1=                             (Eq. 2.2.4) 

 
Results: 
The results of the pre-treatment stage (numerical modeling of LA control) are 
provided in Fig. 2.2.3, which reports maximum fractions of necrotic tissue for 
uncontrolled ablation and different variations of the controlled distance. The 
highest volume of the necrotic tissue corresponds to the uncontrolled case (53 
mm3), for controlled cases necrotic volumes are 34.4 mm3 and 27.9 mm3 for d = 
-3 mm and +3 mm correspondingly, 24.2 mm3 and 23.0 mm3 for d = -2 mm and 
+ 2mm. For d = 0 mm, the size of the necrotic part is 21.1 mm3. 
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Fig. 2.2.4. Results of numerical simulation of LA control: necrotic tissues visualization for uncontrolled 
ablation and different controlled cases. 

The temporal evolutions for maximum temperatures measured by each FBG 
array are provided in Fig. 2.2.5. The left column reports the temperature profiles 
of 4 sensing points positioned on the controlled plane zd (LA control is based on 
only one of the sensing points), maximum temperatures measured by each FBG 
array are shown on the right column. Four FBG arrays do not provide similar 
temperature measurements for the same trials due to possible uncertainties in 
the fibers positioning and inhomogeneity of the tissue. Also for the interstitial 
case, the effect of oscillations is clearly seen, especially for bigger controlled 
distances. 

 

Fig.2.2.5. Temporal evolutions for maximum temperatures measured by FBG arrays. Left column: 
temperature measured at 𝒛𝒅 plane, right column: maximum temperatures measured by each FBG array. 
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Fig. 2.2.6 reports spatial profile evolution (the distance along the sensor vs. time) 
for the FBG array used for LA control; the contour lines define the regions with 
temperature >40 °C. For uncontrolled ablation, the maximum temperature 
reaches ~ 65 °C and the heat is dissipated to the edges of the sensors during the 
whole ablation time.   
 
Fig. 2.2.5-6 show that for the same distances the direction (+d or -d) affects the 
overshooting and related delay response:  

• 1.4 °C and 6.6 s for -3 mm and 1.4 °C and 5.0 s for +3 mm; 
• 1.0 °C and 4.2 s for -2 mm and 2.2 °C and 5.0 s for +2 mm; 
• 0.6 °C and 3.5 s for 0 mm. 

 

 

Fig. 2.2.6 Temperature profile evolutions (distance along the sensor vs. time) for controlled and uncontrolled 
tests. 

The comparison between the simulated and the experimental results is presented in Fig. 
2.2.7: the depicted maximum temperature profiles measured at the controlled 𝑧𝑑 plane 
proves the feasibility of the simulation of ON-OFF control. As can be seen, most of the 
simulations accurately predict the heating phase of ablation and its cooling trend. 

 
 

 
Fig. 2.2.7. Temporal evolutions for the controlled temperatures: comparison of experimental and simulation 
results. 

 



34 

 

Discussions: 
According to the results, the developed numerical model can effectively simulate 
LA treatment and predict thermal maps and related thermal effects on the tissue. 
Moreover, it effectively deals with the lack of volumetric temperature 
information, which comes from the fact that FBG arrays are not able to provide 
accurate 3-dimensional temperature mapping.   

Paper B confirms the main conclusions of Paper A that ON-OFF logic introduces 
oscillatons (and related overshooting and undershooting) that affect controlling 
performance and related efficacy of the treatment. Moreover, as the results show, 
this disadvantage becomes more significant for the cases when the controlled 
distance (and the related thermal zone) needs to be bigger, or the tissue between 
the laser applicator and sensors has low thermal conductivity.  

In addition, the results in this paper demonstrate that temperature response and 
overshooting are different for the same controlled distances in the forward and 
backward directions (+d and -d). This phenomenon can be explained by the fact 
that temperature rise behind the beam propagation direction is caused only by 
heat conduction and not by direct laser absorption. Therefore, it is clear that 
homogeneous laser irradiation in all directions from the applicator is needed. 
Moreover, it can reduce or avoid charring, carbonization, and valorization of the 
tissue near the bare tip of the applicator when high laser power is used.  

Considering already discussed Papers A-B, it is clear that LA control is able to 
regulate the thermal damage for both cases: superficial and interstitial ablations. 
Moreover, the developed COMSOL model can be an effective tool to predict the 
laser-tissue interactions and to optimize input parameters before the actual 
procedure. Nevertheless, overshooting and undershooting of the control is still a 
significant disadvantage of the ON-OFF LA treatment.  

Moreover, in case of a fast system response, which can happen in case of very 
close positioning of the laser applicator and the sensor, the laser will be switching 
on and off with a high frequency, which can be harmful to the equipment. The 
latter problem was solved in Papers A-B by introducing comparison frequency fs 
(~2 Hz) at which measured temperature and set temperature were compared. 
Another solution that can be implemented can be the use of upper and lower set 
points for temperature control. 

In general, an alternative controlling technique should be developed to reduce 
the over- and undershooting of the laser ablation of biological tissues. For 
instance, a few studies [90], [94] have been already investigating PID control for 
LA, but none of them considered quasi-distributed fiber sensors for PID-based 
control, which can be the future improvement of the proposed work for the 
optimal control of thermal effect during biological tissue LA. 
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2.3 Paper C: PID interstitial LA control 

Paper Title: “PID Controlling Approach Based on FBG Array Measurements for 
Laser Ablation of Pancreatic Tissues” [3]. 
 
Paper Objective:  
A further improvement of the control strategy to avoid ON-OFF-related 
oscillations can be based on PID control, which has been proven to be effective 
mostly for single-point measurement [90] and in adaptive control systems [113].  
 
Considering the disadvantages of ON-OFF control mentioned in the previous 
sections, the need for a better controlling technique is clear to reduce collateral 
damage to healthy tissues and guarantee the proper treatment of the targeted 
region. Therefore, this work focused on the development of the setup and 
LabVIEW program for PID-based LA control based on one FBG array 
measurement. Again, COMSOL modeling was modified for PID pre-treatment 
optimization (P, I, and D gains, power, and the set temperature values). 
 
The development of the COMSOL model was performed by my colleagues. My 
tasks were the creation of the LabVIEW program, experimental setup 
development, conduction of the experiments, and paper writing. 
 
Methods:  
The experimental setup shown in Fig.2.3.1 consists of one custom-made FBG 
array positioned parallel to the laser fiber inside the ex vivo pancreatic tissue. FBG 
array has 40 gratings, each grating has a 1.15 mm grating length, and an edge-to-
edge distance of 0.05 mm. 
 
The developed LabVIEW program has two main phases (Fig.2.3.3):  
(a) the input of preset parameters: set temperature Tset, PID gains, and d 

(distance between the grating with maximum temperature and the controlled 
grating); 

(b) start of ablation with constant power (3.3 W) until a threshold of 10 °C of 
temperature change is reached. Then, the position of the grating exposed to 
the maximum temperature (FBGmax) is saved and the position of the 
controlled grating (FBGcon) is calculated using d value. After, regulation of the 
controlled temperature (Tcon) at the controlled grating (FBGcon) is performed 
using the PID approach. Finally, after 300 s of  steady-state time (tss), the laser 
is switched off. 
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Fig. 2.3.1. Experimental setup of PID control of LA (a) Schematics: FBG array and laser fiber inserted in 
the pancreatic tissue positioned in custom-made plexiglass box; (b) photo of the setup 

Fig. 2.3.2. PID-based temperature control: (a) input parameters: set temperature, controlled distance and 
power; (b) control logic consisting of three phases: heating, PID controlling, and cooling. 

 

PID controller follows the equation:  

C(t) = kp∙(Tset − Tcon)+ ki∙ ∫ (Tset

t

0

− Tcon(τ))dτ + kd∙
d(Tset − Tcon(t))

dt
      (2.3.1) 

The PID controller maintains the temperature Tcon (K) at the same value of the 
setpoint temperature Tset (K), upon a proper selection of the proportional 

kp (A∙K−1), integral ki (A∙K−1∙s−1) and derivative kd (A∙s∙K−1) gain coefficients.  

Results:  

Numerical results 
Initially, the COMSOL model was used to find optimal PID gains for each test 
using an iterative approach by testing different sets of gains. For example, Fig. 
2.3.3. reports the results of PID optimization (5 sets of different gain values) for 
the set temperature of 43 °C, and the controlled distance of 10.8 mm. As can be 
seen, sets 1-3 experience abrupt changes in power (mainly maximum and 
minimum power are utilized) when the controlled temperature approaches the 
setpoint value (Fig. 2.3.3 b). Thus, some overshooting and very lethargic setpoint 
tracking can be observed with these gains. For set 5 (light blue curve in Fig. 2.3.3 
a), when the integral gain is zero, as expected, the steady-state response is not 
able to reach the setpoint temperature.  
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Conversely, the gain parameters of set 4 (kp = 0.7 A∙K−1, ki = 0.006 A∙K−1∙s−1 

and kd = 0 A∙s∙K−1) showed a smoother power profile and a thermal response 
characterized by a rise time of ∼ 350 s and a smaller temperature overshoot of 
∼ 1.8 °C (Fig. 2.3.3, green line). Therefore, these gains were used for the PID 
experiments. 
 
Moreover, the COMSOL model was used to evaluate volumetric temperature 
distribution.  Fig. 2.3.3. right reports two semicircles for the controlled distances 
equal to 10.8 mm and 7.2 mm. The ranges of the color bar correspond to (i) 
sublethal damage around T ∼ 43 °C, (ii) instantaneous thermal damage for T ≥ 
60 °C, (iii) vapor diffusion and tissue desiccation at T ≥ 100 °C, (iv) removal of 
tissue mass for T ≥ 300 °C [103]. As expected, an increase in the controlled 
distance leads to a bigger distribution of heat around the laser applicator. 
 

Fig. 2.3.3. (left) Simulated temperature and laser power profiles for the different sets of PID gain values. 
(right) simulated temperature distributions for controlled distance equal to d = 10.8 mm (left) and d = 7.2 
mm (right).  
 

Experimental results 
The controlled temperature and related power during different sets of the 
experiments are shown in Fig. 2.3.4. For all cases, the developed LA regulation 
reaches  the set temperature Tset after about 350 s of irradiation, and then 
maintained for tss = 300 s. The abrupt increase of power can be seen at the stage 
transition: between the constant heating phase and PID control. The repeatability 
of the control logic can be seen in Fig. 2.3.4 (right): temperature reached  Tset 
after approximately the same amount of time for all trials and maintained it for 
300 s. 
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Fig. 2.3.4. (left) measured controlled temperature, set temperature (43 °C) and laser power profiles for 
different controlled distances; (right) measured maximum temperature profile and profiles measured by 
adjacent gratings for controlled distance of 10.8 mm. 
 

The effect of LA control on the ablated region dimensions and irradiated energy 
is summarised in Table 2.3.1. The energy calculation was done by analyzing the 
laser power profile and the total duration of the ablation. As can be seen, the size 
of ablation was effectively controlled by changing the controlled distance, d. 
 
TABLE 2.3.1. LA REGULATION RESULTS FOR DIFFERENT CONTROLLED DISTANCES 

d (mm) 
Time of PID 

regulation (s) 
Energy (J) 

Ablated dimensions 

(mm x mm) 
6.0 541.7 1844 7.57 × 6.71 
7.2 588.6 1943 12.07 × 8.03 
8.4 631.8 1729 14.15 × 10.76 
10.8 629.8 2695 17.39 × 14.11 
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2.4 Discussions 

Discussions of Paper A-C: 
The results validate the use of PID-control logic for LA regulation and prove that 
the FEM solver can be effectively used for pre-treatment optimization of the 
procedure parameters (power and PID gain values).  

It is worth noting that according to Fig. 2.3.4 (left), power was close to the 
minimum power of the used laser diode (~1.0 W) when temperatures were 
maintained near the set temperature (steady-state zone). Therefore, if the set 
temperature used would be lower, it would be more difficult to maintain it and 
guarantee proper LA control. As a result, the main challenge of the current setup 
is the limited power range of the used laser. One of the possible solutions can be 
the use of a power attenuator. However, in this case, the maximum power 
possible for the whole system would be limited by the safe power margin of the 
attenuator.  

Nevertheless, PID regulation can be considered as an optimal choice for LA 
control, which avoids the temperature oscillations effect inherent to ON-OFF 
control logic. Moreover, the laser switching at ON-OFF can lead to thermal 
relaxation of the tissue and have a completely different biological effect than 
continuous-wave ablation. Therefore, for future works PID control for LA 
regulation is preferable. 

In general, fiber optic sensing for LA control provides main advantages such as 
immunity to electromagnetic interference, small laser energy absorption by the 
sensors, and small size. The conventional sensors can not provide such unique 
features needed for LA. For example, PID regulation using thermocouple was 
recently applied for LA regulation [90], but due to the laser energy absorption of 
thermocouple (and related overestimation) forced the authors to position a 
plastic plate between the laser fiber and the sensor. Obviously, the high 
invasiveness of a such setup makes it difficult to implement in a clinical scenario. 
Another example is work performed by Paiella et al. – clinical testing of interstitial 
laser thermotherapy with feedback-control based on thermistors measurements, 
that provide unsatisfactory results in terms of device handling, safety, and 
feasibility [96]. 

Thus, the limitations of convenient sensors observed in the literature encouraged 
the works performed in Papers A- C to investigate the use of fiber optic sensors 
for LA control. In parallel to these works, research on PID control based on FBG 
monitoring was performed for a laser-heated needle for biopsy tract ablation and 
showed promising results [114], [115]. Therefore, it is clear that fiber sensing can 
be an optimal tool well suited for LA purposes. 

Nevertheless, one of the current limitations of fiber sensing use for thermal 
treatments is the temperature-strain cross-sensitivity that can lead to 
measurement artifacts. In Papers A-C these artifacts were minimized by using 
higher diameter needle for sensors placing (0.819 mm for needle vs. 145 μm for 
sensors). As a result, the sensors and tissue had slightly looser adhesion between 
each other, thus decreasing the strain effect [116], [117]. 
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In order to significantly decrease the strain effect, a capillary made of glass or 
plastic needs to be used to encapsulate FBG arrays. On the other hand, the 
capillary can affect sensor dynamic response and absorb the part of the laser light 
during LA. Therefore, more research has to be performed to define the optimal 
trade-off between encapsulation of the array and the metrological properties of 
the sensor. 

The results of Paper A-C show the need for homogeneous laser irradiation for 
proper temperature regulation and better heat distribution. In this regard, more 
investigation on the use of applicators with different irradiation profiles (bare 
fiber, diffuser, tapered tip) has to be performed. Other possible ways to improve 
LA control, can be the use of different nanoparticles to change the absorption 
properties of the region of ablation, and additional research on laser wavelength-
tissue interaction with a possible introduction of multi-wavelength ablation or the 
use of several applicators in parallel for better treatment of cancer tissues. 
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Chapter 3. Measurements of 
intra-tissue parameters during LA  
 

3.1 Paper D: TFBG RI sensitivity increase 

Paper Title: “Optimization of cladding diameter for refractive index sensing in 
tilted fiber Bragg gratings” [4]. 

Paper Objective: During my studies, several works on fiber optics RI sensing and 
related biosensing were performed [118]–[121]. In this regard, it is clear that these 
investigations can find possible applications also for laser cancer treatment, such 
as a RI sensor to measure tissue changes (stemmed from the presence of the 
malignant tissues or tissue coagulation/carbonization) or cancer-related 
biosensing. One of the possible ways to improve sensitivity can be a chemical 
etching of the fiber. In this context, this work was focused on an experimental 
investigation of TFBG sensitivity increase due to chemical etching with an aim to 
define a trade-off between the wavelength and amplitude sensitivity of the 
cladding mode resonances and TFBG parameters: wavelength separation, sensor 
linearity, intensity level, and fiber thickness. In this work, two RI ranges were 
analyzed using step-wise etching and calibration in different sucrose solutions. 
The lower range corresponded to 1.34722 RIU - 1.34873 RIU (more suitable for 
possible biosensing) and the high RI range - 1.33679 RIU to 1.37078 RIU (for 
general RI sensing).  
 
My tasks were experimental setup development, LUNA OBR 4600  
measurements during RI calibration, data analysis, and paper writing. The 
fabrication of TFBG sensors, chemical etching of the fibers, and preparation of 
different sucrose concentrations were performed b my colleagues. 
 
Methods:  
The experimental setup consists of optical backscatter reflectometer LUNA OBR 
4600 and a connected TFBG sensor with a gold reflector connected to the 
second end of the TFBG fiber. As a result of a such connection, the transmission 
spectrum of TFBG was reflected from the gold reflector, and the final 
"transmission-reflection" spectrum was measured by the reflectometer. Thus, it 
was possible to measure the TFBG cladding mode resonances and the core 
mode.  
 
The etching procedure was following the technique discussed in the previous 
work [118]. The closed compartment (cylinder) fixed with rubber plugs at each 
end was used to perform etching (Hydrofluoric (HF) solution inside the container) 
and RI calibration (different sucrose solutions in the container). After each step, 
the sensor was rinsed in distilled water. The experimental setup is shown in 
Fig.3.1.1. 
 



42 

 

 

 
Fig. 3.1.1. Experimental setup for TFBG etching and RI calibration: the sensor was immersed in a closed 
container with different sucrose concentrations (during RI calibration) and HF solution (during etching). (a) 
schematics of the setup; (b) photo of the setup: a 1 ml syringe was used to inject the sample to the container. 

 
Results:  
The TFBG spectrum changes after each etching step are reported in Fig. 3.1.2 
(with an offset for clarity of the image). The fiber diameter was reduced by etching 
from 125 µm to 13 µm. More etching leads to a decrease in the number of 
cladding mode resonances due to the mode escaping to the surrounding medium. 
For diameters less than 40 µm, most of the cladding mode resonances are no 
longer distinguishable, and only a few modes in the range of 1590 nm – 1605 nm 
can be seen. 
 

 
Fig. 3.1.2. TFBG spectra changes during chemical etching of the fiber. Rectangle highlight the core mode of 
the TFBG. Offset has been introduced for clarity of spectra plotting on one graph. 
 

Etching leads to changes in the spectral amplitude of the cladding mode 
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resonances (Fig. 3.1.3 left): the minimum amplitude decreases from -53.3 dB to -
22 dB for a 73 µm diameter. When fiber diameters of 40 µm and 13 µm are 
reached, just a few modes close to the Bragg wavelength can be measured and 
their intensity is roughly -8 dB. 
 
Also, etching leads to an increase in the wavelength span between adjacent dips 
(Fig. 3.1.3 right); this effect of etching is in accordance with [122]. The wavelength 
spans between the dips increase from 1 nm to 3 nm for unetched TFBGs and 
fiber diameters of 73 µm, respectively. 
 
Also, the spectral quality significantly deteriorates: cladding mode resonances 
become poorly defined (especially high-order modes - at shorter wavelengths), 
which can be possibly explained by the increase of the surface roughness after 
etching [122]. 

 
Fig. 3.1.3. Evolution of amplitude levels (left figure) and wavelength spans (right figure) of cladding modes 
during etching process. Only modes that are distinguishable for both RI variation ranges are illustrated. 
 
The effect of etching on amplitude and wavelength sensitivity of the cladding 
mode resonances is reported in Fig. 3.1.4 (high RI range) and Fig. 3.1.5 (low RI 
range). The cladding mode resonances that have sensitivity with linearity higher 
than 0.9 (R2 > 0.9) are labeled by dot markers. The maximum amplitude 
sensitivities were 1008 dB/RIU (high RI range) and 8160 dB/RIU (low RI range) 
for unetched TFBG. With more etching, the amplitude sensitivity of the cladding 
mode resonances decreases.  
 
It is important to highlight the specificity of sensing: for the high RI range, only 
several cladding mode resonances (1543 nm and 1547 nm) have high sensitivity 
and good linearity, while only one cladding mode resonance at 1543 nm has high 
amplitude sensitivity for low the RI range. It can be explained by the fact that 
resonances with the effective refractive index closer to the surrounding refractive 
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index are the most sensitive. Regarding wavelength sensitivity of the cladding 
mode resonances, for the high RI range – the maximum sensitivity is 38.8 
nm/RIU (at a 100 µm diameter), and for the low RI range - 156 nm/RIU (at a 40 
µm diameter). 
 

 
 
Fig. 3.1.4. Effect of chemical etching on TFBG amplitude sensitivity for: (a) high RI range (1.33679 RIU to 
1.37078 RIU); and (b) low RI range (1.34722 RIU to 1.34873 RIU). Dot markers show the modes with 
sensitivity higher than 0.9 (R2 > 0.9). 

 

 

Fig. 3.1.5. Effect of chemical etching on TFBG wavelength sensitivity for: (a) high RI range (1.33679 RIU to 
1.37078 RIU); and (b) low RI range (1.34722 RIU to 1.34873 RIU). Dot markers show the modes with 
sensitivity higher than 0.9 (R2 > 0.9). 
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Discussion:  
The experimental investigation results demonstrate that etching is not effective 
to increase the amplitude sensitivity of TFBG. However, it can increase the 
wavelength sensitivity if the optimal etching diameter will be reached (100 µm 
and 40 µm for the low and high RI ranges used in Paper D). The performed 
experimental optimization is not universal for all RI ranges: different RI ranges 
will correspond to different optimal diameters and sensitivities. 
 
Several methods for RI sensing can be utilized. In this work, the cladding mode 
resonances tracking (also called peak tracking in this paper) was applied. Other 
works report the envelope-tracking method based on the measurement of the 
cladding mode resonances comb (the area between upper and lower envelopes) 
[123][124]. However, this method is more suitable for high RI range variation 
(which, by the way, will be observed in Paper E) and not effective for small RI 
ranges (as in Paper D) since for small RI variations only several cladding mode 
resonances are exposed to amplitude changes and the total envelope area is not 
changed significantly. In addition, this phenomenon is more clear for etched 
TFBGs due to the amplitude sensitivity decrease (reported in Fig. 3.1.4). 
Considering that biosensing is gaining more popularity and it is usually associated 
with small RI ranges [118], [125], [126], an efficient method suitable for small RI 
range variations has high importance (peak tracking in Paper D). 
 
Another conventional method for RI measurements with TFBG relies on tracking 
cladding mode resonances close to the cut-off region, where the mode effective 
index is close to the RI value of the surrounding medium. However, this approach 
also proved to be ineffective for etched TFBGs due to the wavelength span 
increase with etching and related decrease of the amount the resonances (shown 
in Fig. 3.1.3). As a result, it becomes more challenging to find a mode near the 
cut-off for a wide range of SRI values. Therefore, the cladding mode resonances 
tracking is an optimal tool for the setup and applications of Paper D. 

 
The results show that the high RI range has a smaller wavelength and amplitude 
sensitivity. It can be explained by the fact that for higher RI values, more and 
more high-order cladding modes become lossy (not distinguishable on the 
spectrum). Therefore, only low-order modes (positioned closer to the core mode) 
are visible for all values in the high RI range. The analysis of such modes results 
in low sensitivities because low-order modes are positioned far from the cut-off 
and have lower sensitivities. 
 
In this work, wavelength sensitivity can be considered more important than 
amplitude sensitivity. The main reasons for it are the robustness of this 
wavelength detection approach. Indeed, amplitude detection can be affected by 
fluctuations of the light source, fiber bendings, and different attenuation effects.  
 
In this regard, the etching of TFBG allowed approximately 4 times wavelength 
sensitivity increase for a quite large fiber diameter (~100 µm), which does not 
compromise significantly the mechanical properties of the sensor. With the help 
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of the figures and outcome of this work, an optimal fiber diameter can be chosen 
as a function of the desired sensitivity, so the sensor design can be adapted 
accordingly to the project specifications.  
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3.2 Paper E: TFBG measurements during laser ablation 

Paper Title: “Tilted fiber Bragg grating measurements during laser ablation of 
hepatic tissues: quasi-distributed temperature reconstruction and cladding mode 
resonances analysis” [5]. 
 

Paper Objective: Considering works focused on fiber sensing during thermal 
treatments performed during the Ph.D. study and analysis done in Paper D, the 
idea of TFBG application for laser ablation worth to be investigated. In addition, 
recent works investigated TFBG applications as a laser guiding device and the 
point sensor at the same time [6]. In this regard, the objectives of Paper E were 
the investigation of other sensing modalities of TFBG: RI sensing, different 
techniques for the core mode tracking and quasi-distributed temperature 
measurements [5]. 
 
For this reason, TFBG temperature and RI calibration (in different sucrose 
concentrations) were performed. For temperature measurements during LA 
three methods for the core mode tracking (maximum tracking, X-dB Bandwidth, 
and centroid methods) were utilized. In addition, an innovative method for 
temperature profile measurement along TFBG (quasi-distributed measurements) 
was proposed.  
 
For this investigation, my work was focused on the development of the LabVIEW 
program for fiber sensing and laser diode regulation, experimental setup 
development, conduction of the experiments, the development of the TFBG 
temperature profile reconstruction algorithm, and paper writing. 
 
Methods: 
The developed system consists of the laser diode and the Micron Optics 
interrogator, both connected to a computer where a custom-made LabVIEW 
program was used to start laser ablation of healthy porcine liver tissue and 
perform monitoring of the FBG array and TFBG spectra.  

 

 
Fig. 3.2.1. (left) Schematics of setup for TFBG calibration in the container with different sucrose solutions 
(12 % - 60 %); (right) Schematics of setup for LA ablation: TFBG sensor and FBG array were positioned at 
a 2 mm distance from the applicator on the half of the ex vivo liver; the second half of liver covers sensors 
and applicator in a “sandwich” approach. 
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Commercially available TFBG (Technica Optical Components, Atlanta, USA) 
with an 8° tilt angle, a 10 mm grating length, and the custom-made FBG array of 
40 gratings (grating length is 1.15 mm, edge-to-edge distance is 0.05 mm) were 
used. The TFBG core-to-core Bragg resonance was calibrated in the range from 
34 °C - 50 °C, the resulting sensitivity is (7.05 ± 0.01)×10-6 °C-1. RI calibration 
was performed in different sucrose concentrations: 0 % to 60 % with a step of 6 
% that corresponds to the 1.333 RIU - 1.4419 RIU range, which is typical for 
biological tissues [127], [128]. For this RI calibration, due to the high RI range, the 
envelop method was applied. An example of the envelope areas in different 
sucrose concentrations is given in Fig 3.2.3: envelope areas of A=1 and A=0.1657 
correspond to 0 % to 60 % concentrations. 

 
Fig. 3.2.3. TFBG cladding mode resonances combs for water (blue line, RI = 1.333 RIU) and a 60 % sucrose 
solution (red line, RI = 1.4419 RIU); related normalized area A decreases from 1.00 (reference value, RI = 
1.333 RIU) to 0.1657 (RI=1.4419 RIU). 
 
Core mode: conventional peak tracking methods 
Temperature measurements by TFBG core mode tracking utilized 3 techniques: 
maximum tracking, X-dB Bandwidth, and centroid [129]. The maximum tracking 
technique tracks the maximum amplitude value of the core-to-core Bragg 
resonance. X-dB Bandwidth tracks the center of the inner bandwidth, which is 
defined as X dB below the maximum value. 
 
For the centroid method, the Bragg wavelength is estimated as the center of the 
mass of the FBG reflection spectrum: 

𝜆𝐵,𝑒 =
∑ 𝜆𝑛×𝑅(𝜆𝑛)𝑛

∑ 𝑅(𝜆𝑛)𝑛
    (Eq. 3.2.1) 

where index n sweeps the main portion of the core mode spectrum. 
 
Core mode: reconstruction algorithm 
Since the core-to-core Bragg resonance tracking measurements provide only 
point temperature information (at the TFBG center), a need to obtain spatial 
temperature information is important for effective LA monitoring. In this regard, 
we propose to use the algorithm based on CFBG reconstruction devised in our 
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previous works [130], [131] 
 
The main principle is the following: the spectrum (for this work it is the core-to-
core Bragg resonance of TFBG) is modeled as an array of FBGs, where each FBG 
is modeled using coupled mode theory [79]. Then, iterative optimization is used 
to minimize the difference between the real measured TFBG spectrum and the 
TFBG modeled spectra perturbated by a set of different Gaussian temperature 
profiles. Afterward, the temperature profile, which corresponds to the smallest 
mismatch, is defined as temperature along the TFBG.  
 
Results: 

Calibration of TFBG sensor for different RI  
Fig. 3.2.4 reports the results of RI calibration of TFBG for the RI range of 1.333 
RIU - 1.4419 RIU (sucrose concentration range 0 % - 60 %). The comb of cladding 
mode resonances (envelope area) decreases significantly for higher RI values, 
and for 60 % concentration, the cut-off region starts near 1530 nm due to the 
lossy behavior of the high-order modes at this concentration. The analysis of 
envelopes measured between 1470 nm and 1547 nm for different concentrations 
is reported in Fig. 3.2.4 right and is similar to the calibration results of [123]. 
 

 
 
Fig. 3.2.4. (left) TFBG spectra measured in different sucrose concentrations; (right) comparison of the 
obtained results and the data presented in the work of Laffonet et al. [123] 

 
Analysis of the cladding mode resonances during LA 
The changes in envelope areas of the TFBG spectra during LA are presented in 
Fig. 3.2.5 for different time moments: at the start of ablation (t=0 s), after 90 s, 
and at the moment when the laser was switched off (t=180 s). The normalized 
area between two envelopes (left y-axis) and related temperature changes 
measured by the FBG array (right y-axis) are given in Fig. 3.2.5 bottom. As can 
be seen, the trend of temperature evolution can be approximately correlated with 
the changes in the normalized area.  
 
Thus, ideally, we expect to obtain information about the maximum temperature 
from the minimum value of the normalized area. Moreover, after complete 
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cooling, the normalized area is expected to be correlated with the RI change of 
the ablated tissue. 

 
Fig. 3.2.5. (top) TFBG spectra at different time instances: before the laser ablation at t=0 s (blue color); at t 
=90 s (red color), and when laser was switched off t=180 s; (bottom) Normalized area evolution (left y-axis) 
and temperature measured by FBG array (right y-axis) during LA experiment. 

 
In this regard, 25 trials of LA with FBG and TFBG measurements were performed 
to asses this hypothesis. Fig. 3.2.6 show the relation between maximum 
temperature measured by TFBG core-to-core mode resonance (using maximum 
peak tracking) and the related minimum value of the normalized area for each 
trial. 
 
As expected, higher temperature leads to a smaller area between envelopes. 
Indeed, for the low maximum temperatures (~ 26 °C) the related normalized area 
is very close to 1 because there is no significant wavelength shift and no 
amplitudes decrease of the cladding mode resonances. However, due to the high 
value or RMSE between the fitting and the measured data (RMSE = 0.148), 
results show that the repeatability of the experimental trials is low and the 
temperature cannot be accurately correlated with the normalized area. 
Moreover, due to the high effect of temperature on the cladding comb, RI 
changes of the tissues after LA are challenging to measure too. The possible 
reasons for the low efficacy of cladding comb analysis during LA are provided in 
the discussion section. As a result, it is very challenging to obtain useful 
information about temperature and RI changes from the cladding comb analysis. 
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Fig. 3.2.6. Relation between maximum temperature measured by TFBG core-to-core mode analysis (using 
maximum peak tracking) and related minimum value of normalized area for each of 25 experimental trials. 
RMSE between data and fitting is 0.148. 

 
Analysis of the core mode during LA 
Fig. 3.2.7 top shows FBG array temperature measurements during one LA trial.  
After 180 s, the maximum temperature reaches 105.2 °C (measured by FBG 
array), while the TFBG core mode analysis provides: 80.9 °C measured by 
maximum peak tracking, 69.5 °C by X-dB Bandwidth, and 64.3 °C by the centroid 
method. The RMSE between maximum temperatures measured by FBG array 
and TFBG (maximum peak tracking) is 18.31 °C.  

 
Fig. 3.2.7. (top) Temperature profiles measured by array of 40 FBGs during LA; (bottom) temperature 
reconstructed using analysis of core mode with direct peak-tracking techniques: maximum, X-dB Bandwidth 
(where X is -5 dB), centroid. 

Fig. 3.2.8 and Fig. 3.2.9 report the results of the temperature profile along the 
TFBG using the proposed algorithm. Fig. 3.2.8 shows the temperature measured 
by the FBG array (dashed line) and temperature reconstructed along the TFBG 
(solid line) at different time moments. For this figure, to clearly illustrate the 
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algorithm’s ability to reconstruct profile trends, TFBG temperature was 
normalized to the maximum temperature measured by the FBG array. Fig. 3.2.9 
reports temperature evolution for both sensors during laser ablation of the tissue. 
The RMSE between the FBG array and TFBG measurements for three 
experiments is 7.8±1.7 °C. 

 
Fig. 3.2.8. Temperature measurements during LA at different time instances: dashed lines – FBG array 
measurements, solid lines – reconstructed TFBG temperature profiles (normalized). 

 

 
Fig. 3.2.9. Temperature measurements during LA: (a) FBG array; (b) TFBG temperature obtained by the 
proposed reconstruction algorithm. The RMSE between FBG array and TFBG profile measurements for 
three experiments is 7.8±1.7 °C. 
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3.3 Discussion 

As can be seen from the objective of the paper, the initial hypothesis of the 
investigation was to measure the RI change of the ablated tissue with the TFBG 
sensor. The planned approach was to track the cladding mode resonance (as in 
Paper D) and the core mode (using the peak tracking, X-dB, and centroid 
methods). Therefore, the idea was to compensate temperature effect on the 
cladding mode resonances by the value measured by the core mode tracking. 
 
The experiments showed that during LA TFBG is exposed to high wavelength 
shifts and the appearance of leaky modes, which lead to significant changes in 
the cladding comb. Thus, the cladding mode resonances tracking was not 
possible. Indeed, it is in agreement with [123]: distinct temperature sensitivity of 
cladding modes leads not only to the shift of the cladding mode resonances but 
to the change of the shape of the TFBG spectrum under temperature elevation. 
Thus, the envelope method was utilized to measure the area between the upper 
and lower envelopes of the TFBG cladding resonances comb during LA. 
 
However, the results show that temperature and RI information is not possible to 
accurately measure by the cladding comb analysis. The possible reasons can be 
inhomogeneity and structure of the tissue that does not allow ideal contact 
between the sensor surface and the tissue, the change of the TFBG surface after 
each experiment (even considering that TFBG was cleaned after each trial). 
Moreover, bending, strain, and humidity also have a cross-sensitivity effect on 
the shape of the TFBG spectrum [81], which makes RI measurements using the 
envelope method even more challenging. 
 
As a result, we conclude that the main sensing modality of TFBG is temperature 
measurements based on the core mode analysis. The resulting RMSE of 7.8±1.7 
°C between TFBG profile reconstruction and FBG reference measurements can 
be mostly explained by the positioning of the sensors on the opposite sides of the 
diffuser and the high thermal gradients associated with LA. For future 
characterization of TFBG temperature measurements, the reference sensor and 
FBG should have the same exact placing, preferably in capillary or tubing to 
eliminate cross-sensitivity effects from other intra-tissue parameters. 
 
The TFBG temperature sensor analyzed by conventional methods has several 
disadvantages over Rayleigh-based distributed sensing and FBG measurements: 
one-point measurement, averaging over the TFBG length (~ 1 cm), fragility 
(TFBG usually does not have a coating to allow coupling with leaky modes). 
However, a TFBG can be used as a sensor and a heat source, as proposed in a 
recent study [6]. In this regard, sensing modalities and capabilities of TFBG during 
LA need to be analyzed in detail, and this work can be considered a step toward 
such analysis. 
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Chapter 4. Discussion and future outlooks 
 
 
Currently, the traditional treatments of cancer are surgical removal, 
chemotherapy, and radiation therapy [132]. However, some disadvantages limit 
the clinical applications of these approaches. For instance, surgical resection is 
associated with high invasiveness, long recovery time in hospital and 
rehabilitation, important associated costs, and the usual requirement of general 
anesthesia during the procedure [133]. Chemotherapy and radiation therapies 
have significant toxic side effects on the whole organism of the patient. As a 
result, different approaches have been proposed as alternatives to traditional 
tumor treatment methods.  

One of them is the application of laser ablation - minimally-invasive photothermal 
therapy that utilizes a small flexible optical fiber to transport laser light into the 
targeted tissue. The main advantages of using optical fiber as a minimally-
invasive applicator are flexibility and immunity of the applicator to 
electromagnetic interference. However, LA has a smaller volume of ablation 
region in comparison with other minimal-invasive ablation techniques [52]. 

As a result, the main clinical interest is in MRI/CT compatibility and the small 
size and flexibility of the applicator. However, the high cost of MRI/CT 
equipment and not widespread use of them as assistive tools for thermal 
treatments lead to a smaller commercial interest in LA development. Therefore, 
it is crucial to focus on the optimization of LA in its niche where minimal 
invasiveness of LA plays a crucial role (brain, prostate, pancreas). One of the 
possible optimization methods is the use of optical fibers not only to guide laser 
light but also to measure intra-tissue parameters during the treatment. 

In this context, this thesis describes the possible use of fiber optic sensing for 
monitoring and controlling of LA. The main sensing technique for the developed 
LA control is FBG arrays – cheap and effective tool for temperature monitoring.  
Indeed, it has been already used for real-time monitoring [134], [135] or in 
combination with data-assimilation models to improve thermal mapping or 
prediction of temperature evolution [136]. In Chapter 2 custom-made highly 
dense FBG arrays optimized for LA are used for ON-OFF and PID temperature 
regulation. 
 
One of the main limitations of FBG sensing is the temperature-strain cross-
sensitivity that can lead to measurement artifacts. The possible solution can be 
the use of capillary to encapsulate fiber sensors and avoid strain and bending 
effect on it. However, the effect on sensor dynamic response and laser light 
absorption of capillary, and increase of invasiveness should be investigated in 
future works. 
 
Another disadvantage of fiber sensing is the need to insert FBG sensors near the 
ablated region and the related increase of invasiveness of the treatment. In this 
regard, several techniques can be investigated in detail to use a fiber optic probe 
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able to both deliver the laser light and measure temperature. Several approaches 
are possible: (1) sensing and the laser fiber are separate devices bundled in the 
capillary (the strain cross-sensitivity is avoided too due to capillary), (2) the sensor 
is glued outside the capillary with the laser fiber. However, the bundling of two 
devices in one capillary leads to a bigger size and higher fragility of the applicator. 
  
Therefore, a more sophisticated option can be the use of self-monitored and 
laser-guided features in one optical device based on: (3) double-cladding fibers 
(FBGs are inscribed in the core, and the laser is guided in the inner cladding), or 
(4) application of TFBG with an absorptive coating as a miniature heat source 
with sensing capabilities proposed by Alqarni et al. [6]. In this case, the tilt angle 
of the grating leads to the light coupling to cladding modes and absorption of it 
by coating. Thus, this technique is not based on laser absorption by the tissue, but 
on heat transfer from the absorptive coating surface of TFBG. As a result, a very 
controlled localized heat increase can be achieved [6]. In this context, Papers D-
E propose a good approach to measure point temperature (based on different 
peak tracking methods) or quasi-distributed profile (based on the proposed 
algorithm). 

 
In general, the main future works should be focused on LA control using a “smart 
applicator” – the device incorporating the laser fiber and the sensor. Moreover, 
since Papers A – C showed that for proper thermal regulation homogeneous laser 
irradiation is preferable, more investigations on the use of laser fiber with different 
irradiation profiles (bare fiber, diffuser, tapered tip) have to be performed. 

Considering general future outlooks, it is important to highlight the need of 
standardization for thermal therapies in general, phototherapies, and specifically 
laser ablation to avoid misunderstanding of terminology and main concepts in 
the fields. Especially this problem become more essential for communication 
between clinicians, researchers, engineers, and technicians. A good example and 
reference guidance can be the work done for the standardization of image-guided 
tumor ablation [55], [137], and the most recent one in 2014 summarizing a 10-
year update [138], where aspects of the field were standardized from the clinical 
point of view.  
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Abstract: Laser ablation (LA) of cancer is a minimally invasive technique based on targeted heat
release. Controlling tissue temperature during LA is crucial to achieve the desired therapeutic
effect in the organs while preserving the healthy tissue around. Here, we report the design and
implementation of a real-time monitoring system performing closed-loop temperature control,
based on fiber Bragg grating (FBG) spatial measurements. Highly dense FBG arrays (1.19 mm length,
0.01 mm edge-to-edge distance) were inscribed in polyimide-coated fibers using the femtosecond
point-by-point writing technology to obtain the spatial resolution needed for accurate reconstruction
of high-gradient temperature profiles during LA. The zone control strategy was implemented such
that the temperature in the laser-irradiated area was maintained at specific set values (43 and 55 ◦C),
in correspondence to specific radii (2 and 6 mm) of the targeted zone. The developed control system
was assessed in terms of measured temperature maps during an ex vivo liver LA. Results suggest that
the temperature-feedback system provides several advantages, including controlling the margins
of the ablated zone and keeping the maximum temperature below the critical values. Our strategy
and resulting analysis go beyond the state-of-the-art LA regulation techniques, encouraging further
investigation in the identification of the optimal control-loop.

Keywords: laser ablation; thermal ablation; temperature measurements; optical fiber; fiber Bragg
grating sensors; feedback system; real-time monitoring; closed-loop temperature control

1. Introduction

Many thermal ablation (TA) therapies are being proposed as alternatives to the traditional
cancer treatment methods, e.g., resectional surgery, chemotherapy, and radiation therapy, for the
treatment of non-surgical patients [1]. All TA techniques are based on localized temperature change
that is created to induce the malignant cell necrosis in the ablated tumor at cytotoxic temperatures
(50−60 ◦C) [2]. The main advantage of TA treatment over conventional treatment techniques is
TA’s minimal invasiveness, as, for instance, small-size applicators can be used under percutaneous
or endoscopic guidance to induce local temperature change [3–5]. Depending on the frequency
of electromagnetic waves that induce tissue’s temperature change, TA techniques are divided into
high-intensity focused ultrasound [6], microwave [7], radiofrequency [8], and laser ablation (LA) [9].

Among all these techniques, LA holds good promises for clinical application, taking advantage
of the small and flexible fiber optic applicators guiding laser energy into deep-lying tumors [10],
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which makes the procedure also safe and compatible with magnetic resonance imaging (MRI) and
computed tomography (CT) techniques. Besides, the laser can be used for the treatment of superficial
tumors, also inside of hollow organs, such as the and gastrointestinal mucosa [11,12], and biliary
tree [13], and in combination with selectively absorbing nanomaterials for photothermal therapy [14,15].
LA’s efficacy has been already investigated for the treatment of tumors in several organs, including
bones [16], brain [17], thyroid [18], liver [19], and pancreas [20–22].

However, the abovementioned advantages are not preponderating two main limitations of LA
treatment. The first one is an inefficient ablation selectivity when healthy surrounding tissues can
also be damaged. The second limitation is the use of an open-loop approach, i.e., laser parameters
(power, position, and treated shape) are usually set before the procedure without modulation during
the ablation [3]. One of the possible solutions to both problems is the development of an ablation
controlling technique based on intra-tissue tumor parameters, such as temperature, strain, tissue’s
refractive index, and other biological markers. Due to the nature of TA treatments, the temperature
during ablation is the most important parameter among them that significantly affects treatment
efficacy [23].

The complex phenomenon of the laser–tissue interaction (absorption, reflection, and scattering)
and a small diameter of the laser-guiding fiber leads to a high spatial thermal gradient [24]. As a result,
the ablated area has several regions with different biological effects that depend on the duration of the
ablation and the maximum temperature reached. In this context, the temperature range between 42
and 45 ◦C is considered to be optimal for hyperthermal treatment since it activates immune responses
by promoting the migration and maturation of Langerhans cells [25]. At a temperature between 50
to 55 ◦C, coagulative necrosis starts in organs [3], and it has been observed that cellular death can
occur instantaneously in cell culture [26]. A temperature of 60 ◦C is the threshold for rapid protein
denaturation, which leads to a cytotoxic effect and coagulative necrosis. In order to evaluate the effect
of the ablation duration and the maximum temperature reached, i.e., relative treatment effectiveness,
different models are proposed. For instance, thermal dose can be expressed as equivalent minutes of
exposure at 43 ◦C (Cumulative Equivalent Minutes at 43 ◦C, CEM43), which has been found to correlate
with the severity of thermal damage for several tissue types [27]. Volumes of the regions with different
thermal doses depend on complex combinations of different parameters, such as penetration depth of
the laser light, shape of the applicator, absorption, mechanical and thermal properties of the tissue,
etc. [23]. Hence, it is challenging to have effective pre-operative modeling of LA treatment and to obtain
optimal settings of the laser parameters before the procedure. As a result, temperature monitoring in
terms of both accuracy and spatial resolution plays a crucial role in effective LA treatment.

Most of the works on real-time power regulation during LA use temperature as a primary
parameter to control the ablation procedure. Ivarsson et al. developed temperature-controlled stepwise
power regulation for LA of ex vivo bovine muscle experiments; the temperature was monitored using
thermistors (10 mm spatial resolution) [28]. Möller and collaborators used ablation control based
on 5-point thermistor probe temperature measurements for in vivo LA in rats and compared them
with in vitro temperature control and light penetration experiments [29]. In [30], regulation is based
on photo-optic probe temperature measurements during in vivo pig liver LA; the tissue necroses
were evaluated with MRI after the treatment. Lin et al. employed thermocouple-based temperature
measurements to regulate ablation [31,32].

State-of-the-art works, to the best of our knowledge, utilize conventional thermistor probes
and thermocouple sensors that impair the accurate thermometry during LA. These sensors allow
single-point measurements, thus restricting the number of sensors that can be simultaneously employed
to measure and control the ongoing treatment to guarantee reduced invasiveness. Additionally, the laser
light and heat absorption by metallic material of the probes can cause measurement artifact above
20 ◦C when the relative distance between applicator and sensor is small (a few millimeters) [33,34].
In this setup, the closer the distance between the metallic sensor and the applicator, the higher the
overestimation due to the direct light absorption. This property forces to locate sensors far from the
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applicator tip (>1 cm), thus limiting the options for the control of the extension of the region under
treatment. Both the mentioned problems lead to low spatial resolution thermometry, with potential
sub-optimal and inefficient real-time LA regulation [33].

Fiber optic technology is a perspective alternative for traditional sensing methods. Indeed,
fiber optic sensors have low heat conductivity, they are immune to electromagnetic interferences,
and prone to the laser light absorption because of the fiber material (glass or polymer) [35]. The most
popular fiber optic temperature measurements for TAs are divided into two types: distributed and
quasi-distributed [36]. Distributed sensing relies on Rayleigh scattering phenomena and measures
only the relative change of temperature profile since it analyzes the spectral shift between two states:
measured and reference one (without temperature change) [37]. Currently, the main technique for
thermal measurements is optical frequency-domain reflectometry (OFDR) based Luna OBR4600,
which has sub-mm spatial accuracy [38]. Standard single-mode fiber is used as a cheap sensor for
distributed sensing, but an expensive interrogator is needed for it. The high interrogator cost and low
sampling rates make distributed sensing not well suited for real-time temperature monitoring needed
for ablation regulation [35].

Quasi-distributed sensing relies on fiber Bragg grating (FBG) measurements. FBG is a structure
with a periodic change of the refractive index along the fiber core. FBG acts as a wavelength-dependent
reflector: incident broadband light is reflected at a specific wavelength, called the Bragg wavelength,
λB [39]. The reflected wavelength depends on the grating period (the distance between two high-index
regions), which is changed during external temperature perturbations. In addition, multi-point
measurements are possible when a chain of FBGs, each with a different grating period, is inscribed
along the fiber core. In this case, the set of different Bragg wavelengths is analyzed to monitor the
spatial temperature profile along the fiber. FBG monitoring allows lower costs of the interrogators and
high sampling rates (up to 10 kHz), which makes FBG sensing more suitable for LA regulation [40].

Several studies implemented fiber optic- [36,37,41] and quasi-distributed sensing [33,42–45] to
monitor temperature during LA, and showed the capability of fiber optic sensors to provide spatial
maps of the tissue temperature after the treatment completion. However, none of these studies
investigate the performance of fiber optic sensors for temperature-based LA regulation, where also
real-time monitoring is indispensable.

In these regards, this work focuses on the development of the first platform dedicated to real-time
spatial temperature monitoring and related therapy regulation by introducing FBG-based strategy.
To improve the accuracy and spatial resolution of the sensors, custom-made highly dense FBG arrays
were inscribed in polyimide-coated single-mode fibers. With this sensing technique, the temperature
was monitored simultaneously in 120 regions of an ex vivo liver undergoing LA. The developed
closed-loop temperature control algorithm aimed at maintaining the temperature in the laser-irradiated
liver area at specific set thresholds (43 and 55 ◦C), in correspondence to specific radii (2 and 6 mm) of
the targeted zone. The obtained thermal maps and ablated tissue analysis prove the efficacy of the
fabricated FBG arrays and the developed algorithm for LA controlling. Besides, thermal maps clearly
show the importance of temperature threshold setting to control the spatial extension of the ablated
zone and to keep the maximum temperature below critical values.

2. Materials and Methods

2.1. FBG-Based Sensing

For temperature measurements, custom-made arrays of 40 FBGs were inscribed in a single-mode
optical fiber SM1500(9/125)P (Fibercore Ltd., Southampton, UK) using the femtosecond point-by-point
writing technology [46]. Femtosecond pulses with a wavelength of 1026 nm, duration of 232 fs,
pulse repetition rate of 1 kHz, and pulse energy of ~100 nJ were produced by Pharos 6W laser
system (Light Conversion Ltd., Vilnius, Lithuania) and focused into the fiber core region with a
microobjective (NA = 0.65). Precise fiber positioning in the process of FBG writing was provided by
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ABL1000 air-bearing linear stage (Aerotech Inc., Pittsburgh, PA, USA). The design of the grating lengths
has been performed to space the resulting Bragg wavelengths at each 4 nm, and to fit the spectral
region (Figure 1a) of the Micron Optics si255 interrogation unit (Micron Optics, Atlanta, GA, USA),
which ranges from 1460 to 1620 nm. The choice to coat the gratings with polyimide is motivated
by the excellent thermal properties of this material over the standard acrylate coating, such as the
high-temperature resistance up to 400 ◦C, and the low thermal conductivity [46–48]. The transparency
of the polyimide coating for IR femtosecond radiation allowed us to inscribe FBG arrays through the
protective coating, thus preserving temperature and mechanical performance of the fiber. The FBG
arrays have grating lengths of 1.19 mm, and the edge-to-edge distances between gratings equal to
0.01 mm. The chosen length of an FBG provided a simultaneous high spatial resolution and a narrow
spectral width of an individual resonance peak, which reduced the mutual influence of neighboring
resonances during nonuniform heating of the array. Indeed, the maximum temperature near the laser
applicator tip can overcome 300 ◦C and gradient can be up to 50 ◦C/mm [24], and the developed FBGs
can measure such temperature without any interference between FBG peaks.

Figure 1. (a) Reflection spectrum of the fabricated fiber Bragg grating (FBG) array with the femtosecond
point-by-point writing technology: 40 gratings, equidistant in 1464.5–1614.5 nm wavelength range;
(b) LUNA OBR 4600 backscattering signal: the distance between the ends of the gratings (drops in
amplitude) is 1.19 mm.

Figure 1b illustrates the backscattering signal measured by LUNA OBR 4600 reflectometer
(9.607 µm spatial resolution): each drop in amplitude corresponds to the ends of the grating, and the
distance between drops is approximately equal to 1.19 mm. The analysis of the reflected Bragg
wavelength shifts, ∆λB, provides information about the temperature along the grating, ∆T [49]:

∆λB

λB
=

λB,∆T − λB,initial

λB
= α∆T (1)

where α (◦C−1) is the thermal sensitivity of the grating.
The thermal sensitivity of the FBGs is (7.43 ± 0.01) × 10−6 ◦C−1, as obtained after static calibration

in a thermostatic dry-block calibrator in the temperature range 20 to 130 ◦C.

2.2. Experimental Setup

For ablation experiments, an 808 nm continuous wave diode laser (LuOcean Mini 4, Lumics,
Berlin, Germany) emitting in the near-infrared range was used. Ablation was performed with a laser
power of 5 W in a superficial manner: laser light was guided through a 440 µm diameter quartz optical
fiber connected to a collimator (OZ Optics Ltd., Ottawa, ON, Canada) and positioned perpendicularly
to the porcine liver surface at a 7 cm distance from it (Figure 2a). The laser beam spot diameter was
10 mm, and the ablation duration was 90 s.
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Figure 2. (a) Schematic representation of the experimental setup: superficial LA of ex vivo porcine
liver. Laser control was based on FBG temperature measurements. (b) Picture of the plexiglass box
containing the liver and allowing the 2 mm-distance arrangement of the three FBG arrays.

Experiments were performed on ex vivo porcine liver. The liver was obtained from a local
butcher the same day of the experiment and stored at 4 ◦C until the experiment was carried out.
Three highly dense FBG arrays, (FBG arrays 1, 2, and 3) were placed on the liver surface by means
of a custom-made box. The plexiglass box was used to control the relative position between each
fiber, equal to 2 mm (Figure 2b). The laser spot was focused on the center of the arrays, and Micron
Optics si255 interrogation unit was used to measure the reflected Bragg wavelength spectra of the
array, with a sampling frequency of 100 Hz.

2.3. Temperature-Feedback Control Strategy for the Zone Control Logic

The developed real-time closed-loop temperature control algorithm utilizes an ON–OFF logic
based on spatial temperature information, and performs a strategy that the authors call zone-control logic.
The implemented zone-control logic consists of three main sub-parts: (i) alignment, (ii) creation of the
spatial temperature maps and definition of the radius, and (iii) laser ablation control (Figure 3).
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In the alignment phase, the tissue is heated up by the laser source until the maximum temperature
reaches the pre-phase threshold temperature (about 33 ◦C). This threshold is usually reached within
4−5 s from the laser activation and has been chosen to avoid potential damage to the tissue. The profiles
measured by the three arrays are aligned employing the centroid method, which finds the centers of
the Gaussian distribution along y-axis measured by each array and shift one over the other in order
to match the centers [36]. The alignment is a crucial step; indeed, when several FBG arrays are used,
the alignment between the acquired temperature profiles is mandatory to correctly reconstruct the
real-time temperature map.
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It is important to highlight that the temperature measurements have higher spatial resolution
along the x-axis (FBG array resolution is 1.2 mm) and lower resolution along y-axis (distance between
FBG arrays is 2 mm). For better thermal mapping, the temperature profiles are linearly interpolated
along and between the FBG arrays. Once the interpolation is performed, the thermal map is visualized
in real-time during the ongoing LA procedure. From this map, the software defines the position in
which the maximum temperature value is located, and, starting from this position, the user can select
the radius (rs) of the circumference corresponding to the zone that has to be controlled at the set
temperature Ts.

In the case of uncontrolled ablation, the laser light is delivered in continuous modality. Ablation
starts at room temperature T0, and the laser is ON until the moment when the laser system is switched
off by the user. In the case of controlled ablation, the control logic works as follows: ablation starts at
room temperature T0, and the laser is ON until the moment when the maximum temperature measured
by the sensor placed at rs exceeds the set temperature Ts. Then, the laser follows an ON–OFF logic to
maintain a maximum temperature close to Ts. The comparison of Ts with the measured maximum
temperature is executed each ∆τ seconds. The comparing period should not be less than 1 ms to
prevent pulsed-mode behavior of the laser, which may lead to other laser–tissue interaction effects,
such as explosive evaporation and cavitation in the irradiated tissue [50]. The preliminary evaluation
of the optimal ∆τ carried out by the authors shows that ∆τ = 1 s leads to smooth temperature control
and a spatially confined ablation region [51]; hence, this value for the comparison period was used for
all experiments presented in this work.

The experiments were performed with the settings listed in Table 1:

Table 1. Settings used for the experiments: for the temperature-based controlled ablations (zone-control
logic) set temperature TS and radius (rs) of the circumference of the zone under control are defined.

Setting Test a Test b Test c Test d Test e

TS (◦C) 55 43 55 43
uncontrolled

rS (mm) 6 6 2 2

LA without feedback regulation (uncontrolled ablation) was considered as a reference.
The zone-control logic was designed and implemented in LabVIEW; the program was developed
to receive Bragg wavelengths data from the Micron Optics interrogation unit, reconstruct spatial
temperature maps, define the values for rs and Ts, and adjust the laser power based on these
measurements using an ON–OFF logic in real time (Figure 3).

3. Results

3.1. Thermal Analyses on the Temperature Profiles Measured by FBG Array 2

The first analyses on the effect of the zone-control logic on the LA outcome are performed considering
the temperature profiles measured by the 40 gratings of the FBG array 2 experiencing the highest
temperature along the y-axis. The results of these analyses are illustrated in Figures 4–7.

Figure 4 reports tissue temperatures during LA measured in correspondence to the grating of FBG
array 2 experiencing the highest temperature. The profiles obtained in the controlled cases (Figure 4,
blue, red, yellow, and purple lines) are distinguishable from the uncontrolled experiment. (Figure 4,
green line). In particular, the experiments performed with the temperature-feedback control show that
the maximum temperatures follow the set thresholds; moreover, a characteristic sawtooth-like shape
is observed, due to the effect of the laser that is switched ON and OFF according to the set Ts and
rs. In each experiment, these maximum temperatures oscillate around the correspondent Ts, and the
magnitude of these oscillations depends on rs. The table enclosed in Figure 4 lists the values of these
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oscillations, ∆Tp, which are calculated by the difference between the temperature at the highest peak
and the subsequent valley.

Figure 4. Peak temperature profiles recorded from array #2 during laser ablation: uncontrolled ablation
and controlled ablation with different set temperature values Ts. In the Table, oscillations ∆Tp are
expressed as mean value ± standard deviation.

Figure 5. Trends in time of the maximum temperature (yellow curves) and the temperature measured
at rs distances from the center (other 115 profiles are not shown for clarity of the figures) for controlled
ablation carried out in (a) Test a, 55 ◦C and 6 mm; (b) Test b, 43 ◦C and 6 mm; (c) Test c, 55 ◦C and 2 mm;
(d) Test d, 43 ◦C and 2 mm; (e) uncontrolled ablation.

In the case of uncontrolled ablation, tissue temperature achieves 200 ◦C after 90 s of ablation,
showing an irregular trend during the time and no oscillations.

Figure 5 presents the maximum temperature profile (yellow lines) and the profiles measured
by the sensor placed at the set rs on FBG array 2. It clearly illustrates that oscillations decrease with
distance from the maximum temperature for controlled ablation cases; this happens because, at a
certain distance from the laser spot, the temperature elevation due to heat conduction is predominant
over the intermittent effect of the control logic. Figure 5 also confirms the proper placement of the FBG
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arrays with respect to the laser beam, showing the symmetry of the temperature profiles measured at
rs of +/−6 mm (blue and green curves) and rs of +/−2 mm (red and purple curves).

Figure 6. Two-dimensional thermal maps (distance along the sensor vs. time) during (a) Test a, 55 ◦C
and 6 mm; (b) Test b, 43 ◦C and 6 mm; (c) Test c, 55 ◦C and 2 mm; (d) Test d, 43 ◦C and 2 mm;
(e) uncontrolled ablation.

Figure 7. Evolution of the width of the hyperthermia zone (>43 ◦C) in time for during (a) Test a,
55 ◦C and 6 mm; (b) Test b, 43 ◦C and 6 mm; (c) Test c, 55 ◦C and 2 mm; (d) Test d, 43 ◦C and 2 mm;
(e) uncontrolled ablation.

Figure 6 illustrates the temporal evolution of the temperature profile measured by the FBG array 2,
for both controlled (Figure 6a−d) and uncontrolled ablations (Figure 6e). This representation highlights
the effect of the control strategy on both the maximum temperature and on the unidimensional
distribution of the temperature, in correspondence to the central axis of the ablated region.
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For uncontrolled ablation, after the start, the temperature increase causes the heat distributing
towards edges of the ablated area with less regular behavior than controlled cases; when ablation is
over, the temperature starts to decrease, but the heat dissipation is continuing towards the edges.

Figure 6 anticipates that the edges of the ablated zones are not uniform, as further analyzed in
Figure 7, which depicts the evolution of the width of the hyperthermia zone (>43 ◦C) in time. It is
worth mentioning that the zone is small and not continuous for the cases Ts = 55 ◦C, rs = 2 mm and for
the case Ts = 43 ◦C, rs = 2 mm (Figure 7c,d). The discontinuities shown in the mentioned cases are
due to temperature oscillations occurring around Ts. This phenomenon happens because rs is chosen
close to the center of the circumference, and when Ts was reached, the laser was set immediately OFF,
not allowing broadening of the hyperthermia zone. These results highlight the relevance of the size
of the zone to be controlled, and the effect of rs on the temperature distribution experienced by the
biological tissue.

3.2. Thermal Analyses on the Spatial Temperature Distribution

Detailed analyses on the effect of the zone-control logic on the LA outcome are performed considering
the spatial temperature distributions measured by all the 120 gratings. The results of these analyses
are illustrated in Figures 8–12.

Figure 8. Width of hyperthermia zone (>43 ◦C) vs. time for controlled ablations with different set
temperatures Ts and radii rs, and for uncontrolled ablation. In the table, oscillations are expressed as
mean value ± standard deviation.

The widths of the contours at 43 ◦C are presented in Figure 8. Both Ts and rs affect the width
of the hyperthermia zone and the fluctuations of the width. Indeed, the width at 43 ◦C observed in
Test a (Ts = 55 ◦C, rs = 6 mm) is close to the width at 43 ◦C observed in Test e (uncontrolled ablation),
and both reach a value of about 15 mm at the end of the thermal procedure. Due to the effect of the
heat conduction, after that the laser is switched OFF, the Test a and uncontrolled case show different
behavior: the width at 43 ◦C for the uncontrolled case remains almost constant whereat it starts to drop
off immediately for Test a. The widths at 43 ◦C achieved with Test c (Ts = 55 ◦C, rs = 2 mm) and Test b
(Ts = 43 ◦C, rs = 6 mm) presents similar trends, with a maximum value of about 10 mm at the end of the
ablation. For the Test d (Ts = 43 ◦C, rs = 2 mm), fluctuation of the width at 43 ◦C reaches approximately
7 mm, corresponding also to the maximum value at the end of the procedure. The Table enclosed in
Figure 8 lists the values of the oscillations of the width (∆Tw), which are calculated by the difference
between the temperature at the highest peak and the temperature at the subsequent lowest peak.
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Test ΔTw (°C) 
Test a 

(55 °C, 6 mm) 
~ 0 

Test b 
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Test c 
(55 °C, 2 mm) 0.9 ± 0.2 

Test d 
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Figure 9. Visualization of the real-time temperature maps and zone control circumferences at t = 90 s
for (a) Test a, 55 ◦C and 6 mm; (b) Test b, 43 ◦C and 6 mm; (c) Test c, 55 ◦C and 2 mm; (d) Test d, 43 ◦C
and 2 mm; (e) uncontrolled ablation.

Figure 10. Pictures of the tissue damage produced by the different control strategies for (a) Test a,
55 ◦C and 6 mm; (b) Test b, 43 ◦C and 6 mm; (c) Test c, 55 ◦C and 2 mm; (d) Test d, 43 ◦C and 2 mm;
(e) uncontrolled ablation.
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Figure 11. Isotherms of spatial distribution measured on the tissue when laser changes its state from
ON to OFF, for (a) Test a, 55 ◦C and 6 mm; (b) Test b, 43 ◦C and 6 mm; (c) Test c, 55 ◦C and 2 mm;
(d) Test d, 43 ◦C and 2 mm; (e) uncontrolled ablation.

Figure 12. Isotherms of spatial distribution measured on the tissue when laser changes its state from
OFF to ON, for (a) Test a, 55 ◦C and 6 mm; (b) Test b, 43 ◦C and 6 mm; (c) Test c, 55 ◦C and 2 mm;
(d) Test d, 43 ◦C and 2 mm; (e) uncontrolled ablation.

An example of the real-time visualization provided by the developed software is given in Figure 9.
Here, the spatial distribution of temperature measured by the FBGs is updated during the procedure,
and the circumference defined according to rs are overlapped. The entire circumference is represented
for rs = 2 mm (Figure 9c,d), because the distance between arrays is 2 mm; in the case of rs = 6 mm
(Figure 9a,b), only two arcs of the circumference can be traced. As expected, no circumference is
illustrated for the uncontrolled case (Figure 9e).

Thermal damages obtained in the hepatic tissue with controlled and uncontrolled ablations are
presented in Figure 10. The RGB images show that the damage is visible for Ts = 55 ◦C, regardless of the
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value of rs (Figure 10a,c), and that the damaged area increases with rs. In the experiments carried out
at Ts = 43 ◦C, the thermal damage is distinguishable only for rs = 6 mm (Figure 10b), whereas a minor
effect of tissue dehydration is slightly noticeable for rs = 2 mm (Figure 10d, white arrow). As expected,
the high temperature (up to 200 ◦C) experienced by the tissue during uncontrolled ablation (Figure 10e)
caused the largest damaged area as well as the more severe damage. It is worth highlighting that the
uncontrolled ablation margins of the lesion are more irregular than the margins obtained with the
zone-control logic.

A closer look at the effect of the developed zone-control logic is provided by Figures 11 and 12.
In these illustrations, the effect of the oscillations previously presented for single fiber measurements is
observable on the spatial temperature distribution. Figures 11 and 12 show two specific moments of
the implemented temperature feedback regulation, i.e., when the control logic sets the laser from ON
to OFF (Figure 11) and from OFF to ON (Figure 12). In the figures, the isothermal regions between the
set Ts and Ts-5 ◦C are shown for each test.

Figure 11 illustrates the isotherms in correspondence of the peak of overshooting (here, laser
changes its state from ON to OFF). Indeed, the isotherms of set temperatures reach the set radii, and,
in some points, exceeds it. The value of the radius affects the overshooting area: indeed, for rs = 2 mm,
the isotherms at both set Ts are larger than the set circumference.

In Figure 12 the undershooting situation is presented (laser state changes from OFF to ON). Here,
the isotherms of set temperature are distant from the set radius, moreover for test d, no region at 43 ◦C
is detected.

The time evolutions of the spatial temperature maps (thermal and isothermal) for controlled and
uncontrolled cases (Test b and e, correspondingly) are reported in the Supplementary Video. The video
illustrates the effect of the set parameters on the heat distribution during the ablation procedure.

4. Discussion

This work originally presents a real-time closed-loop temperature control strategy, called
zone-control logic, for controlling and tuning the laser ablation outcome in biological tissues.
The temperature feedback control strategy is based on a custom-made software providing real-time
monitoring of the spatial temperature distribution measured by a network of 120 FBGs. FBG arrays
with high spatial resolution properties (1.2 mm distance between centers of consecutive gratings) and
high-temperature resistance coating were fabricated with the femtosecond point-by-point writing
technology [46]. LabVIEW software was used to design and implement the ON–OFF program that
regulates the mode of operation of the laser source with the temperature measured in the hepatic
tissue. The user interface of the software allows clinician to set two parameters of the procedure,
i.e., the radius of the zone to be controlled and the specific temperature, that will be controlled
automatically during the procedure. The choice of the parameter values should be based on individual
patient’s needs, i.e., the size of the tumor obtained from pre-operative images, or typical temperature
settings known from the literature. In addition, the real-time temperature mapping is also provided on
the user interface.

The results of this work show that the implemented strategy is suitable to achieve the desired control
of the ablated area, by opportunely tuning the radius and the set temperature. The set temperature was
contained within the proper range, corresponding to specific thermal states of biological tissues inside
the low-temperature damage accumulation process [52,53]. Only a few previous studies presented
the real-time control of the laser settings according to the tissue temperature, and most of them
employed single-point measurements [28,31,51], or contactless thermometric systems [25]. Conversely,
our zone-control logic allows for a multipoint control of the tissue temperature, which can be adapted
according to the size of the desired tissue region to be treated. With the proposed unique approach, the
choice of the radius and the temperature threshold can be adapted to the specific needs of the therapy.
Our results demonstrated that the width at 43 ◦C close to 15 mm can be reached by keeping the ablation
zone with radius 6 mm at 55 ◦C for 90 s, obtaining a spatial thermal effect similar to the one achieved
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with uncontrolled ablation, but in safer conditions. Indeed, when continuous laser irradiation is used,
tissue temperature rapidly increased to high values (200 ◦C) due to the constant supply of laser energy,
with potential risks for the organ.

The Figures 6–8 confirm the effect of the control logic on the extension of the thermal margins
of the zones, and the effectiveness of having real-time monitoring to observe the evolution of the
treatment (Figure 9). Figure 10 further proves the relevance of the zone-control logic to contain the
damage to the interested area and to achieve regular margins, clearly showing the different thermal
outcome in RGB images obtained after uncontrolled and controlled ablations.

The multi-point temperature measurement is enabled thanks to highly dense FBG arrays. The main
advantages over other temperature monitoring methods for LA control (thermocouples, thermistors,
and photo-optic probes) [28–30] are the following: quasi-distributed sensing capability, minimal
invasiveness, and no self-heating, that make them well suited for LA applications. The quasi-distributed
monitoring property of FBGs allows for high-spatial-resolution temperature measurements along the
fiber and accurate evaluation of the temperature distribution. These peculiarities make the FBGs the
good candidates to scale the implemented strategy to control also interstitial laser applications [44].

It has been observed, and further confirmed by this work, that the ON–OFF strategy leads
to oscillations of the maximum temperature values across the set threshold [51]. The oscillations
contribute to the thermal history of the treatment, due to the heat that remains in the tissue after
the laser is turned off and to the cooling occurring between consecutive irradiations [25]. Figure 5
shows that these oscillations are marked in correspondence of the center of the ablation zone, but their
amplitudes significantly decrease with the radius of the zone under control, providing smoothly
increasing temperature trends at 6 mm from the center of the ablation zone (Figure 5, blue and green
curves). Indeed, since the irradiation is repeated before complete cooling of the medium, the elevations
of the tissue temperature can be additive [25], but slower than the temperature increase produced
by continuous laser (uncontrolled ablation). A further improvement of the control strategy towards
the extinguishment of the oscillations can be based on proportional–integral–derivative (PID) control,
which has been proved to be effective mostly for single-point measurement [54] and in adaptive control
systems [55].

5. Conclusions

This work presents a novel zone-control logic, aimed at controlling the outcome of LA in biological
tissues through the temperature measured by highly dense FBGs arrays. The implemented strategy
and monitoring system provide laser thermal treatment with the ability to maintain a controlled
temperature in the targeted area. The results of this study encourage further investigation of the
optimal control-loop and laser system settings for improving LA effects. This study provides the
foundation for the use of a control strategy for optimizing laser ablation and obtaining predictable
outcomes in a clinical scenario, which still requires the support of the technology to provide a reliable
endpoint for the treatment efficacy.

Supplementary Materials: The following are available online at http://www.mdpi.com/1424-8220/20/22/6496/s1,
Video S1: Spatial thermal map (x- and y-axis) evolution during the laser ablation experiments. In the video,
the controlled ablation experiment (Test b) is on the top; the uncontrolled experiment (Test e) is on the bottom.
Two types of maps are provided: isothermal and thermal distributions. The 6 mm radii are marked with black
circles for the controlled and uncontrolled cases.
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Abstract: This work proposes the quasi-distributed real-time monitoring and control of laser
ablation (LA) of liver tissue. To confine the thermal damage, a pre-planning stage of the control
strategy based on numerical simulations of the bioheat-transfer was developed to design the
control parameters, then experimentally assessed. Fiber Bragg grating (FBG) sensors were
employed to design the automatic thermometry system used for temperature feedback control
for interstitial LA. The tissue temperature was maintained at a pre-set value, and the influence
of different sensor locations (on the direction of the beam propagation and backward) on the
thermal outcome was evaluated in comparison with the uncontrolled case. Results show that the
implemented computational model was able to properly describe the temperature evolution of the
irradiated tissue. Furthermore, the realized control strategy allowed for the accurate confinement
of the laser-induced temperature increase, especially when the temperature control was actuated
by sensors located in the direction of the beam propagation, as confirmed by the calculated
fractions of necrotic tissues (e.g., 23 mm3 and 53 mm3 for the controlled and uncontrolled LA,
respectively).

© 2021 Optical Society of America under the terms of the OSA Open Access Publishing Agreement

1. Introduction

Electromagnetic-based thermal techniques are currently widely investigated as minimally invasive
treatments for solid tumor removal [1]. Among the diverse ablative procedures [2–4], laser
ablation (LA) has raised considerable attention for clinical applications [5]. Typical advantages
are the capability to deliver the therapeutic laser beam through small and flexible optical fibers
able to target deep-seated organs [6], and the compatibility with diagnostic imaging techniques
for therapy guidance [7]. Furthermore, the reduced invasiveness and pain, associated with
this ablative procedure, could reduce the recovery time, and could represent an alternative to
surgical resection [8]. In this concern, interstitial LA, based on the irreversible thermal damage
of neoplasms due to photothermal conversion of near-infrared (NIR) light into heat, has shown
promising results for the local treatment of liver [9], brain [10,11], prostate [12], lung [13],
pancreas [14] and breast tissue [15].

However, LA still holds some downsides which prevent the inclusion of this technique into
clinical practice, such as the charred tissue at the applicator tip due to high-temperature gradient
(>50 °C/mm) and consequent overheating [16], and the potential risk of irreversible injury to the
surrounding healthy structures. Indeed, the maintenance of thermal coagulation and necrosis
within the selected tissue margins, surrounding the targeted tumor shape, is often challenging.
This concern can be ascribed to the absence of a real-time temperature feedback control strategy
and the lack of dedicated pre-treatment planning which are responsible for the inaccuracy of
the overall thermal procedure [6,17]. The evaluation and control of the spatially resolved tissue
temperature evolution are of paramount importance as the prime factors triggering the damage
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to tumorous cells and allowing for a safety temperature margin around the lesion to prevent
undesired damage. Temperatures of 60 °C are typically known to induce instantaneous and
irreversible thermal damage, due to protein denaturation, collapses of the cellular membranes,
and impairment of mitochondrial function. Conversely, temperatures comprised between 41–45
°C typically refer to the so-called sublethal damage as reversible injury occurs [18]. However,
if these temperature values are kept for a sufficiently long time, the thermal effect can still be
achieved in the tissue. In this regard, the synergistic role of temperature and time in the induction
of thermal damage is described by well-known models such as Cumulative Equivalent Minutes
at 43 °C (CEM43) and Arrhenius [19,20].

Different strategies have been implemented for the local monitoring of the biological tissue
temperature and to confine the attained temperature values within specific ranges during thermal
therapies. Most of the works in this field employ standard sensors, such as thermocouples and
thermistors [21–23]. These works usually rely on the use of single-point measurement to perform
the temperature control strategy, hence leading to increased invasiveness when more sensors are
needed for performing both control and monitoring in the tissue. In other cases, thermometric
approaches based on diagnostic imaging are also proposed for regulating heating, eliminating
tissue carbonization, and protecting fiber optic applicators [24]. These techniques are interesting
for the estimation of the thermal dose based on the spatially resolved measured temperature map,
but they are still far to be considered as routinely and widely available approaches for all the
thermal procedures in clinical settings. On the contrary, fiber optic technology is an advantageous
alternative to conventional sensing methods. Thanks to the possible multipoint temperature
measurements and low heat conductivity, fiber optic sensors are suitable for laser-assisted
therapies [25]. Particularly, fiber Bragg grating (FBG) sensors embedded into biocompatible
optical fibers are attractive for quasi-distributed sensing during thermal treatments due to also the
multiplexing capability [26,27]. Recently, our group has developed an FBG-based closed-loop
temperature control algorithm able to control tissue temperature during contactless irradiation in
order to maintain the desired set temperature at the margins of the targeted zone [28]. In this
preliminary experimental work, the use of FBG arrays allowed for quasi-distributed monitoring,
able to also provide information about the spatial temperature distribution reached in the tissue.
Although the results demonstrated the feasibility of FBGs control to confine the temperature in
a specific area, this study was limited to a superficial treatment without any assessment of the
pre-planning procedural settings parameters. Indeed, contactless LA was used as a first step to
validate our strategy, but it remains far from clinical settings.

To move towards a real application of LA, an efficient control strategy should be investigated
in a contact modality (i.e., interstitial) and supported by simulation-based pre-planning models
[29]. These tools allow optimizing the control parameters, e.g., the appropriate laser dose, the
sensor position, to attain the required pre-planning of the experiments. This approach has been
adopted also in some excellent recent studies, which are still using some simplifications, such as
the non-dependency of the tissue optical properties with coagulation [29], or the low sensing
resolution of the temperature-based modulation technique [30].

In the present study, we combine the implementation of a pre-planning control stage with the use
of FBGs for temperature feedback control of interstitial LA and for model validation. Therefore,
a computational model of the bioheat transfer in biological tissue has been implemented for
numerically assessing the volumetric heat distribution and the associated tissue changes. Highly
dense FBG arrays have been utilized to spatially confine the thermal distribution at specific
locations from the laser applicator, assuring the maintenance of pre-set margins of ablation.
Additionally, the effects of the position of the controlling sensors on the final thermal outcome
have been investigated from both theoretical and experimental viewpoints.
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2. Materials and methods

2.1. Laser irradiation of the tissue phantom

To evaluate the efficacy of the developed interstitial LA control approach, experiments on ex vivo
porcine liver tissue were performed. We selected the liver tissue since it is well characterized in
terms of optical and thermal properties [31–33]. Hence, it can be a valuable model for studying
the control strategy for interstitial LA, from both a theoretical and empirical viewpoint. The fresh
swine liver tissue was obtained from a local butchery on the same day of the experiments, and
it was kept at 4 °C before the tests. An 808 nm diode laser (LuOcean Mini 4, Lumics, Berlin,
Germany) was used to irradiate the liver at room temperature. The initial tissue temperature,
T0= 23 °C, was measured with a type K thermocouple. Laser light was conveyed by a flexible
quartz optical fiber inserted into the liver tissue. The laser power of 2 W was delivered for 120
s during each ablation test. This choice is motivated by the use of the ex vivo liver, where the
absence of heat-sink effect due to blood perfusion could lead to high temperatures close to the
applicator tip, especially in uncontrolled experiments. Moreover, in all the controlled tests, the
control logic resulted to be activated under these settings.

2.2. Fiber optic sensors

To provide temperature measurements for LA control, four custom-made FBG array fiber-optic
sensors were employed. The polyimide coating of the utilized fibers provides a high-temperature
resistance (up to 400 °C) and low thermal conductivity properties [34–36], important for accurate
measurements near the laser applicator tip, where temperature gradient can reach 50 °C/mm
[16]. Each FBG array has 40 gratings and the following properties: a grating length equal
to 1.19 mm, and a 0.01 mm edge-to-edge distance between gratings. As a result, the arrays
have a spatial resolution of 1.2 mm and the total sensing length equal to 48 mm. The thermal
sensitivity of the sensors is (7.43± 0.01)×10−6 °C−1. More details about sensors’ fabrication,
characteristics, and calibration are provided in the previous work of our group [28]. The principle
of FBG temperature reconstruction is based on the phenomenon of Bragg wavelength shift
induced by the applied temperature. As a result, peak tracking of FBG reflected spectrum allows
measurements of temperature change along the FBG structure. To measure the reflection spectra
of the FBG arrays, Micron Optics si255 interrogation unit (Micron Optics, Atlanta, USA) with
100 Hz sampling rate was utilized. The data from Micron Optics were analyzed in real-time on a
computer by the custom LabVIEW program developed to obtain real-time temperature profiles
along the connected FBG arrays and use temperature information for controlling the laser diode
power settings.

2.3. Experimental arrangement

To guarantee accurate positioning of the laser applicator and the sensors inside the liver, a
custom-made plexiglass box was used (Fig. 1(a) and Fig. 1(b)) [26]. The box with holes
positioned at a 2 mm distance from each other on all sides of the box allows a wide range of
different positionings of the sensors and the laser applicator. Figure 1 illustrates the experimental
arrangement used for all tests: the central hole was used for the laser applicator (blue circle in
Fig. 1(c)), and four holes positioned at 4 mm distances from the central hole were used to insert
FBG arrays parallel to the applicator (green circles in Fig. 1(c)). The fibers were sequentially
inserted into the tissue. A needle (18 gauge) was utilized to insert FBG array fibers into hepatic
tissue and it was removed before proceeding with the laser irradiation. Each insertion was
manually performed and needed approximately 2 min.
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Fig. 1. Experimental setup: (a) schematics of the positioning of laser applicator and fiber
Bragg grating (FBG) arrays in the liver placed in plexiglass box; (b) photo of the experimental
box employed for maintaining the position of the fibers; (c) close-up of the box with labeled
holes for the placement of the fiber optic sensors (green color, diameter of the hole equal to
1 mm) and the laser applicator (blue color, diameter of the hole equal to 1.5 mm) inside the
ex vivo liver.

2.4. Control logic

The quasi-distributed sensing property of FBG arrays allows for different temperature control
approaches depending on the arrangement of the applicator and the sensors, and the controlled
parameter of the temperature (e.g., maximum temperature, the temperature at a specific position,
overall temperature profile). The algorithm for interstitial ablation developed in this work aims
to maintain the temperatures at the margins of the treated region below the pre-set value. The
treated region is defined by 4 parallel FBG arrays and the plane zd which is perpendicular to
the laser applicator axis (that is the z-axis) and positioned at a distance d from the applicator
tip (Fig. 2(a)). This approach allows controlling the temperature distribution at any distance
from the applicator tip, which can be essential in case of the presence of affecting factors at
specific positions, such as blood vessels, tumor’s edge, or healthy tissue that should be preserved
undamaged.

The algorithm consists of three main stages: (i) pre-setting: setting of the input parameters
based on simulation outcome, before the start of LA; (ii) alignment phase; (iii) ON-OFF control
of laser irradiation based on temperature measurements.

For the first stage, after positioning of the sensors and the laser applicator in the box, three
parameters are needed to be set before the LA procedure: the laser power P, the set temperature
TS and the controlled distance d. TS is the maximum tissue temperature maintained by the control
algorithm on the selected zone. This zone is defined by the zd plane perpendicular to the laser
applicator and 4 point-measurements, from the 4 FBG arrays, located within the defined plane;
the position of the zd plane (which lies in the xy plane) is defined by the controlled distance d
(Fig. 2(a)). The efficacy of the pre-set values for the aimed ablation is validated by the simulations
before the LA procedure. Five different planes of interest zd were considered at d equal to -3 mm,
-2 mm, 0 mm, +2mm, and +3 mm, where the positive sign indicates that the same direction of
the laser beam irradiation is considered.

Automatic spatial alignment of FBGs’ temperature profiles is utilized in the second stage of
the algorithm (Fig. 2(b)). The alignment employs the centroid method that adjusts the centers
of temperature profiles measured by each FBG array along the z-direction [26]. Particularly,
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Fig. 2. Laser ablation (LA) control: (a) pre-set of input parameters: laser power P,
set temperature TS, and controlled distance d to define the controlled plane zd . Red lines
illustrate the sensing regions of fiber Bragg grating (FBG) arrays that are not spatially aligned;
(b) alignment of measured temperature profiles for four FBG arrays. Peaks of measured
temperatures correspond to plane z0; (c) ON-OFF control of maximum temperature measured
at the plane zd: the graph depicts the power and temperature evolution. T0 represents the
room temperature.

the centroid method is automatically implemented at the moment when maximum temperatures
measured by each FBG array reach 6 °C when a clear Gaussian temperature profile can be
observed. The alignment is performed in one LabVIEW iteration (∼3 ms).

The developed algorithm implemented in LabVIEW utilizes an ON-OFF control logic: the
laser power P is switched off if the measured peak temperature is equal to or higher than the set
temperature TS, and switched on if the measured peak temperature is less than TS (Fig. 2(c)).
Comparison of the 4 measured temperature values on the zd plane and TS is performed each ∆τ
seconds: ⎧⎪⎪⎨⎪⎪⎩

P = 0W if T − Ts ≥ 0 ∧ t = n · ∆τ n ∈ N

P = 2W if T − Ts<0 ∧ t = n · ∆τ n ∈ N
(1)

The temperature comparison period ∆τ was set to 0.5 s to avoid possible overloading of the laser
diode equipment [37]. It is important to highlight that the system response is delayed due to
∆τ, and, to more extent, due to the delayed temperature response at a 4 mm distance from the
applicator, due to the heat conduction in the treated tissue. TS can be set by the user; in this
study, for both simulations and experiments, it was set at 40 °C to ensure, at the selected spatial
location, the avoidance of a temperature value able to activate the tissue immune responses that
typically occur in the range between 42 °C and 45 °C [38].

3. Computational model of temperature-controlled interstitial laser ablation

3.1. Theoretical model

The laser-induced thermal response of ex vivo biological tissue was modeled by the heat diffusion
equation [39], expressed as

ρ · c ·
∂T
∂t

+ ∇( - k∇T) = Qlaser (2)

where ρ (kg·m−3), c (J·kg−1·K−1) and k (W·m−1·K−1) are the density, the specific heat, and the
thermal conductivity of tissue, respectively; T (K) is the tissue temperature and Qlaser (W·m−3) is
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the heat generation term due to laser-tissue interaction. The contribution of the metabolic heat
source and the blood perfusion were placed equal to zero in the present model, for simulating the
LA procedure on ex vivo tissue. The penetration of laser light in the tissue and the deposited
thermal energy due to laser light absorption in the biological media can be addressed according
to the Beer-Lambert law [14]:

Qlaser = αa · Ir · e−αa ·dt (3)
where αa (m−1) is the absorption coefficient, dt (m) is the axial depth in tissue, and Ir (W·m−2)
is the laser irradiance, defined as a function of radial distance since the spatial beam profile is
assumed to be a 2-D Gaussian distribution with a standard deviation of σ (m). The following
equation reports the expression of Ir:

Ir =
P

2πσ2 exp
(︃
−

r2

2σ2

)︃
(4)

where P (W) is the power of the continuous-wave mode laser emitter and r (m) is the radial
distance. In the present model, a laser radiation wavelength comprised within the so-called
therapeutic window, i.e., 808 nm, was adopted. Hence, considering the interaction of NIR
laser light with biological materials, typically defined as turbid media, the scattering cannot
be neglected in comparison with the linear absorption phenomenon [14]. Thus, the effective
attenuation coefficient, αeff (m−1), based upon diffusion approximation [40], was introduced to
consider both the scattering and the absorption contributions:

αeff =
√︁

3αα(αα + αs(1 − g)) (5)

where g and αs (m−1) are respectively the anisotropy and the scattering coefficient. Therefore,
the absorption coefficient αa in Eq. (3) was replaced with the effective attenuation coefficient
αeff of Eq. (5). The optical properties of the hepatic tissue were considered to change according
to the portion of the damaged tissue (PDT) and were defined as follows:

αa = αa,n · (1 − PDT) + αa,c · PDT (6)

αs = αs,n · (1 − PDT) + αs,c · PDT (7)
g = gn · (1 − PDT) + gc · PDT (8)

where αa,n (m−1), αs,n (m−1) and gn are respectively the absorption, scattering, and anisotropy
coefficients of native tissue, while αa,c (m−1), αs,c (m−1) and gc are the absorption, scattering,
and anisotropy coefficients of the coagulated tissue [22,41].

To assess the thermal damage during the laser irradiation procedure, the Arrhenius equation
[39] was considered in the model. The degree of tissue injury θ(r,t), which is dependent on
temperature and exposure time, was expressed as:

θ(r, t) = θ0 + Af ·

τirr∫
0

(1 − θ)np · exp
(︃
−

Ea

R · T

)︃
dt (9)

where θ0 is the initial degree of tissue injury, Af (s−1) is the frequency factor, τirr (s) is the total
irradiation time, np is the polynomial order, Ea (J·mol−1) is the denaturation activation energy, R
(J·mol−1·K) is the universal gas constant, and T (K) is the absolute temperature in tissue. The
portion of damaged tissue, PDT, is therefore calculated based on the degree of tissue injury θ,
according to [42]:

PDT = min(max(θ, 0), 1) (10)
Table 1 reports the optical properties of native and coagulated liver tissue and the parameters

utilized in the Arrhenius model.
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Table 1. Optical properties of swine hepatic tissue (native and coagulated) and parameters utilized
for the Arrhenius thermal damage model.

Optical properties of porcine liver tissue
Absorption coefficient, αa (m−1) Scattering coefficient, αs (m−1) Anisotropy factor, g
Native Coagulated Native Coagulated Native Coagulated

0.73 [32] 0.88 [32] 55 [32] 380.3 [32] 0.93 [32] 0.9 [32]

Parameters for the Arrhenius thermal damage model
Frequency factor, Af (s−1) Activation energy, Ea (J·mol−1) Universal gas constant, R (J·mol−1 ·K)

5.5·1041 [33] 2.77·105 [33] 8.314 [33]

To accurately predict the temperature distribution of the target tissue, the density ρ, the
heat capacity c, and the thermal conductivity k of the porcine liver tissue were considered
temperature-dependent. The trend of heat capacity and thermal conductivity were attained from
[31] and the dynamic changes of density were expressed according to the following equation:⎧⎪⎪⎨⎪⎪⎩

ρ(T) = 1000 · (1.3 − 0.3 · kρ · mw)

kρ = 1 − 4.98 · 10−4 · (T − 20)
(11)

in which mw indicates the water mass percentage in hepatic tissue, i.e., ∼69% [41].

3.2. Numerical simulation

The finite element method (FEM)-based solver, COMSOL Multiphysics (COMSOL, Inc.,
Burlington, MA, USA) was adopted for solving the numerical model of the temperature-
controlled LA procedure, performed on ex vivo porcine tissue. The simulation geometry
concerned the modeling of the porcine liver tissue phantom (a cylinder of 5.5 cm in radius and
3 cm in thickness), the laser applicator, which was positioned along the central z-axis of the
cylinder, and 4 pass-through FBG arrays located according to the experimental setup (Fig. 3(a)).
Table 2 shows the dimensions of the adopted laser fiber applicator and of the FBG sensors, which
are constituted by an outer polyimide coating and a silica glass core. Moreover, it reports the
physical properties adopted for the materials characterizing the FBG sensors [43].

Fig. 3. (a) Geometry of the implemented model for feedback-controlled interstitial ablation
simulation: laser applicator (red) and FBG array sensors (green) embedded in hepatic tissue
are shown. (b) Close-up of the central part of the mesh utilized in the implemented model,
with a minimum mesh size of 0.01 mm.

The COMSOL built-in free mesh generator was employed to generate free tetrahedral mesh
elements for the physical domain discretization, with a minimum mesh size of 0.01 mm (Fig. 3(b)).
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Table 2. Dimensions of laser fiber and fiber Bragg grating (FBG)
sensors and physical properties of the materials constituting the FBG

arrays.

Dimensions of laser fiber and FBG sensors
Size (radius)

Laser fiber applicator 0.1500 mm

Polyimide coating of the FBG sensor 0.0775 mm

Silica glass of the FBG sensor 0.0625 mm

Physical properties of FBG materials
Property Polyimide Silica glass

Absorption coefficient 0 cm−1 10−5 cm−1

Thermal conductivity 0.12 W·m−1 ·K−1 1.1 W·m−1 ·K−1

Density 1.42 g·cm−3 2.17 g·cm−3

Heat capacity 1.09 J·g−1 ·K−1 680 J·g−1 ·K−1

The numerical resolution of all the implemented simulations has been performed on an Intel
Core i7-9800X workstation (3.8 GHz clock speed and 64.0 GB RAM).

4. Results

4.1. Simulation results

Figure 4 shows the temperature distribution for the different case-studies, namely, the uncontrolled
procedure, and the LA control based on the comparison between the setpoint temperature Ts and
the temperature assessed at different zd planes with d equal to -3 mm, -2 mm, 0 mm, +2 mm, and
+3 mm. For each displayed figure, the left semi-figure depicts the thermal values comprised
between Ts (40 °C) and the maximum temperature obtained in the biological tissue. In the right
part of each image, the corresponding volumes of hepatic tissue characterized by temperatures ≥
40 °C (volume in yellow) and ≥ 60 °C (volume in brown) are also shown. The latter temperature
was displayed as typically identified as the threshold value at which instantaneous thermal damage
occurs in biological tissues [44]. The displayed spatial temperature profiles concern the heat
distribution immediately before the laser source was turned off for the first time, thus, in case of
controlled ablations, when the control phases initiate. This choice aims at attaining comparable
thermal results among the different LA controls, based on the different locations. For all the cases,
the maximum temperature is reached close to the applicator tip, where temperatures above 300 °C
are observed. The uncontrolled laser irradiation shows the highest temperature values compared
to all control cases. Furthermore, in this case, temperatures equal to 40 °C extend up to 1.76
mm away from the cylindrical region of tissue comprised between the laser tip and the location
of the FBG sensors. In Fig. 4, the aforementioned distance between the point corresponding to
the maximum extent at which temperatures of 40 °C can be found and the closest FBG sensor
is indicated as rext. In case of temperature feedback control based on the comparison with the
temperature at d equal to -3 mm, -2 mm, i.e., backward to the delivered laser beam, rext results
equal to 0.73 mm and 0.22 mm, for d equal to -3 mm, -2 mm, respectively. For the control
performed at d equal to +3 mm, +2 mm, i.e., along the laser beam propagation, the values of
rext correspond to 0.49 mm and 0.13 mm, accordingly. Conversely, concerning the temperature
control based upon the comparison at d = 0 mm, temperatures of 40 °C remain confined to the
volume comprised between the laser applicator and the modeled FBG optical fibers.

Among all the considered cases, the uncontrolled LA shows the maximum volume of liver
tissue at temperatures ≥ 40 °C, i.e., 509.2 mm3. The control performed at d = -3 mm and
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Fig. 4. Simulated temperature distribution for the different case-studies of interstitial
thermal ablation, i.e., the uncontrolled procedure, and the control based on the comparison
between the setpoint temperature Ts (40 °C) and the temperature assessed at the different d
values, equal to -3 mm, -2 mm, 0 mm, +2 mm, and +3 mm. The heat distributions refer to
the instant of time immediately before the laser source was turned off for the first time. For
each figure, the left semi-figure depicts the thermal values comprised between Ts and the
maximum attained temperature, whereas, in the right part, the corresponding volumes of
tissue associated with temperatures ≥ 40 °C (yellow) and ≥ 60 °C (brown) are displayed.

d =+3 mm produced volumes of tissues at temperature ≥ 40 °C of 276.3 mm3 and 225.6
mm3, respectively. Smaller volumes of biological tissue heated up to temperatures equal to and
over 40 °C refer to the control performed at 2 mm since for d = -2 mm and d =+2 mm, values of
192.8 mm3 and 175.7 mm3 are respectively shown. The smallest volume of tissue at 40 °C is
attained in case of the temperature controlled based upon the comparison at d = 0 mm, i.e., 155.9
mm3. Similarly, the values of tissue volume characterized by temperatures ≥ 60 °C are lower
for d = 0 mm, and progressively increase for d =+2 mm and d = -2 mm, d =+3 mm and d = -3
mm, up to the maximum value of 132.6 mm3, concerning the uncontrolled case. The previous
analysis shows that, considering the same distances from the laser tip, temperatures remain more
confined when the control is performed based on sensing locations in the forward direction of the
beam propagation, compared to the corresponding locations set backward. Moreover, the closer
the location of the controlling point to the laser applicator, the smaller the extent of temperatures
over the setpoint value. Additionally, considering the temperature trend over time (Fig. 5), two
relevant factors should be taken into account when evaluating the implemented control strategy.
Firstly, since in the simulation the temperature values attained in the biological tissue undergoing
LA and the setpoint temperatures are compared every ∆τ = 0.5 s, the time which elapses between
when the setpoint temperature is exceeded and the laser source is turned off can cause a short
delay in the control system (green circle of Fig. 5(b)). Secondly, the heat diffusion due to the
tissue thermal properties once the laser is switched off can cause a response delay before the
tissue temperature starts decreasing. Therefore, a consequent temperature overshoot can be
observed (Fig. 5(b)).

Figure 6 depicts the temperature evolution over time for the different control cases. Considering
the same distances from the laser tip, smaller overshoots are registered when the control is
performed based on sensing locations placed backward to the beam propagation. Indeed, for
the control performed upon the comparison of temperature at d = -3 mm and d = -2 mm, the
overshoots (1.3 °C and 1.8 °C) are slightly lower than the values for the control performed based
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Fig. 5. (a) Power and temperature profiles attained by the simulation of temperature
feedback-controlled interstitial laser irradiation of liver tissue. (b) Close-up on the simulated
power and temperature evolution over time (corresponding to the black rectangle of figure a)
to show an example of the small delay in the control system which can occur due to the time
which elapses between when the setpoint temperature is exceeded and when the laser source
is turned off (green circle), since the measured and the setpoint temperatures are compared
every ∆τ = 0.5 s. The response delay after the simulated laser power is switched off and the
associated temperature overshoot are also shown.

on the temperature at d =+3 mm and d =+2 mm (1.4 °C and 2.0 °C). Conversely, the response
delay results higher when the control is performed based on sensing locations set behind the laser
beam. That corresponds to 6.2 s and 5.8 s for d = -3 mm and d =+3 mm, respectively, and 5.1 s
and 5.0 s for d = -2 mm and d =+2 mm, respectively. The lowest values of temperature overshoot
and response delay concern the control implemented based upon the temperature assessed at d
equal to 0 mm, i.e., 2.1 °C and 4.8 s.

Fig. 6. Simulated temperature evolution obtained for the uncontrolled and the different
temperature-controlled interstitial ablations in liver tissue. The dashed line indicates the set
temperature TS.

Figure 7 shows temperature distribution and the tissue volumes at 40 °C and 60 °C, for
instance for LA controlled at d = -3 mm, and the associated maximum distances from the laser
applicator axis at which temperatures corresponding to the setpoint and 60 °C extend, in case of
overshoot. It can be noticed that, although temperatures of 40 °C can be found at larger distances
(rext = 0.91 mm in case of overshoot, while rext = 0.73 mm when the laser is switched off), in
case of overshoot (Fig. 7(a)) the inner tissue temperature results decreased compared to the heat
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distribution immediately before the laser is turned off (Fig. 7(b)). Indeed, temperatures ≥ 60 °C
result more confined to the region closer to the laser tip.

Fig. 7. Simulated temperature distribution and volumes of hepatic tissues at 40 °C and 60
°C concerning feedback-controlled LA at d = -3 mm, in case of (a) overshoot and (b) at the
instant of time immediately before the laser source was turned off.

The thermal evolution during LA determines reversible and irreversible tissue changes, thus
also irreversible tissue damage can occur. Figure 8 depicts the fraction of necrotic tissue attained
in the different presented cases. The maximum fraction of necrotic tissue refers to the uncontrolled
LA, i.e., 53 mm3. Then, considering the same distances from the laser tip, fractions of necrotic
tissue result larger in case of control performed based upon sensing locations placed behind
the beam, compared to the ones positioned along the laser beam propagation direction. Hence,
for d equal to -3 mm and -2 mm, the fractions of necrotic tissue are 34.4 mm3 and 24.2 mm3,
respectively, while for d equal to +3 and +2 mm, necrotic tissues equal to 27.9 mm3 and 23.0
mm3, respectively. The minimum value is shown by the control actuated at d equal to 0 mm (21.1
mm3). Table 3 reports the complete outlook of the results attained from the thermal analysis
performed by means of the FEM-based simulation of laser-tissue interaction and the subsequent
heat transfer in biological material.

Fig. 8. Simulated fractions of necrotic tissue attained at the end of laser irradiation (laser
exposure time of 120 s) for the different case-studies, i.e., uncontrolled treatment and
temperature-controlled irradiation at different d values (see Visualization 1).

https://doi.org/10.6084/m9.figshare.13557173
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Table 3. Overview of the results attained for the feedback-controlled laser
interstitial irradiation simulation: the volumes of hepatic tissue characterized by

temperatures ≥ 40 °C and ≥ 60 °C, immediately before the laser source was turned
off for the first time, the temperature overshoots, the response delays, and the

fractions of necrotic tissues are reported for the uncontrolled irradiation and the
diverse control cases, based on the temperature assessed at the different d values.

Uncontrolled
d= -3
mm

d= -2
mm

d= 0
mm

d=+2
mm

d=+3
mm

Volume [mm3] at T ≥ 40 °C 509.2 276.3 192.8 155.9 175.7 225.6

Volume [mm3] at T ≥ 60 °C 132.6 82.1 59.7 49.3 54.9 69.1

Overshoot [°C] - 1.3 1.8 2.1 2.0 1.4

Response delay [s] - 6.2 5.1 4.8 5.0 5.8

Fraction of necrotic tissue [mm3] 53.0 34.4 24.2 21.1 23.0 27.9

4.2. Experimental results

After assessment of the thermal outcome at the set temperature TS and diverse controlling
distances with the implemented simulation, we performed ex vivo liver LA experiments with the
defined input parameters to demonstrate the feasibility of the proposed LA control algorithm. In
accordance with the simulations, TS was set to 40 °C, and the d values were chosen equal to -3 mm,
-2 mm, 0 mm, +2 mm, and +3 mm. Figure 9(a) reports the maximum temperatures measured by
each FBG array during uncontrolled ablation. The difference in measured temperature profiles
can be explained by sensor positioning uncertainties and inhomogeneities of the tissue. The
temperature profiles for controlled cases are depicted in Fig. 9(b): temperatures on controlled
zd planes in the first column, and maximum measured temperatures (aligned to be on the z0
plane) in the second column; while for the case of d = 0 mm, only one graph is presented because
the controlled plane zd lies in the z0 plane. As it can be seen, the maximum temperature at zd
follows the set temperature value with some differences related to the ON-OFF control technique.
Overshoot and delay response values are: 1.4 °C, 1 °C, 0.6 °C, 0.6 °C, and 1.4 °C; and 6.6 s, 4.2
s, 3.5 s, 2.2 s and 5 s for d equal to -3 mm, -2 mm, 0 mm, +2 mm, and +3 mm, correspondingly.
The difference between measured temperature responses for the same distances in the backward
and forward direction of the laser irradiation obtained during experiments validates the simulation
results discussed in Section 4.1. This behavior can be explained by the fact that temperature rise
behind the beam propagation direction is caused only by heat conduction and not by direct laser
absorption. This phenomenon also can be appreciated in Fig. 10 (temperature profile evolution
and associated contour maps showing the setpoint temperature value) for temperature profiles for
the zd planes reported in Fig. 9(b) (left column). Indeed, the plane z0 and the planes with positive
d have smoother temperature control and more spatially confined ablation regions.

The comparison between the simulated and the experimental results is presented in Fig. 11: the
depicted maximum temperature profiles measured at the controlled zd plane prove the feasibility
of the simulation of ON-OFF control. Most of the simulations accurately predict the heating
phase of ablation and its cooling trend. The difference in the controlling phase is mainly due
to a phase shift of controlling actions. Overshoot and delay response values follow the trends
discussed in the experimental section: 1.4 °C, 2.0 °C, 1.3 °C, 1.8 °C, and 2.1 °C, and 6.2 s, 5.1 s,
4.8 s, 5.0 s, and 5.8 s, for d equal to -3 mm, -2 mm, 0 mm, +2 mm, and +3 mm, correspondingly.
The discrepancy for d = +2 mm can be explained by the possible inaccurate positioning of the
sensor, which is also related to rapid temperature increase at z0 at the beginning of ablation, as
shown in Fig. 9(b) (blue line in the subplot d =+2 mm, referring to T@z0). The high overshoot
difference between simulation and experiments for z0 can be explained by a stronger effect of
laser absorption than heat conduction aspects.
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Fig. 9. Temperature profiles measured by four fiber Bragg grating (FBG) arrays during (a)
uncontrolled ablation and (b) controlled ablation: the left column reports the temperature
measured at zd plane (controlled one), the right column depicts the temperature profiles at
the z0 plane (peak temperatures measured by FBG arrays) during the same experiment.

Fig. 10. Two-dimensional temperature map (time vs. distance along the controlled
sensor positioned along the z-axis) attained through the FBG arrays measurements for the
uncontrolled ablation treatment and the temperature feedback-controlled ablations: Ts = 40
°C, d = -3, -2, 0, +2, and +3 mm. The black contour lines define the region of hepatic tissue
at temperature ≥ 40 °C.
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Fig. 11. Trends of uncontrolled LA and controlled temperature profiles obtained during LA
experiments where the temperature was modulated based upon 40 gratings-highly dense
FBG array measurements and comparison with temperature evolution attained with the
FEM-based solver, adopted for solving the numerical model of the temperature-controlled
interstitial LA procedure. The similarity of graphs validates the efficacy of the developed
numerical model.

5. Discussion and conclusions

In this work, we theoretically and experimentally prove the feasibility of the use of highly dense
FBG arrays for temperature-based control of interstitial LA. The interstitial approach leads to
different possible fiber sensor arrangements in the ablated tissue and a variety of control methods
for LA. We propose to use FBG arrays equidistant from the laser applicator to maintain stable
temperatures at the margins of the treated region. A FEM-based simulation implemented in
COMSOL Multiphysics is used to test pre-set parameters before the actual procedure and define
the planned treatment in terms of peak temperature profiles, volumetric heat distribution, and
fraction of the necrotic tissue. It is important to highlight that the volumetric and thermal damage
evaluation is performed prior to treatment, while in real-time only temperature control at the
specific plane is performed. The user interface of the developed LabVIEW program allows
adjusting three input parameters (laser power, set temperature, and control distance) before the
procedure, then LA control with real-time visualization of the measured temperature is performed.
Simulation data were used to evaluate the overall ablation treatment and deal with a lack of
volumetric temperature information stemmed from the inability to attain highly accurate 3D
thermal maps with the utilized FBG arrays arrangement. According to numerical results, pre-set
input parameters were chosen to contain the laser-induced thermal distribution (Figs. 4 and 6) in
specific planes below the threshold values related to thermal damage process [45,46]. For the
procedure with the tested input parameters, the fraction of necrotic tissue (Fig. 8) in the margins
of the interested region was also calculated.

One of the main advantages of the proposed control approach is the use of highly dense
FBG arrays. They provide several advantages over conventional measurement techniques for
LA (i.e., thermistors, photo-optic probes, thermocouples, contactless thermometric systems)
[23,47–49]: minimal invasiveness due to miniature dimensions of the fibers [26], low laser
light absorption due to silica glass and polyimide material [34–36], reduced cost compared to
other sensing techniques such as MRI-thermometry or fluoroptic sensors (e.g., approximately 50
$ considering a 1 mm sensitive length [50]), good metrological characteristics (i.e., response
time in the order of 0.1 s and accuracy of <1 °C), and multipoint measurements derived from
wavelength-division capabilities of FBG arrays [51]. These characteristics make FBG arrays
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well-suited for controlled interstitial ablation [14]. Indeed, previous studies employed mostly
single-point metallic sensors for measuring and keeping the temperature at the desired threshold.
Lin et al. used thermocouples to maintain the set temperature during in vitro experiments of
photothermal therapy [49]. Moreover, an interstitial laser thermotherapy system constituted
by an Nd:YAG laser and temperature feedback circuits embedding an automatic thermometry
system based on single thermistor and thermocouple probes has been evaluated for in vivo
LA in rats and on liver phantom [23]. Additionally, a temperature-controlled system based on
thermocouple monitoring and a single low-power Nd:YAG laser for interstitial local hyperthermia
has been implemented for the treatment of carcinoma [21]. The proposed sensors can suffer
from self-heating once exposed to the NIR radiation due to the light absorption of metallic
components [52,53]. Thus, leading to measurement errors that cannot be corrected during
real-time temperature monitoring.

Regarding the capability of multipoint measurements of FBG arrays, Fig. 9 illustrates one
of its main advantages for LA control, i.e., the ability to measure the temperature distribution
and the position of its maximum that can change during the ablation procedure: the shift of the
temperature maximum from one array to another during the LA procedure was properly detected
for zd=z0 case. Moreover, the highly dense FBG arrays used in the experiments provide high
spatial resolution that allows for accurate thermal map reconstruction (Fig. 10) during LA control.
We observed that the sensor’s position does not substantially affect the overshoot (1.4-1.6 °C) and
the response delay (∼2-7 s), but it influences the resulting temperature distribution. Experimental
data also clearly show the efficacy of the control approach (Fig. 9), and the similarity with
numerical results (Fig. 11).

The use of computational models for the simulation of the temperature-controlled ablation
procedure has been already introduced by some authors. Ivarsson et al. report a temperature-
controlled stepwise power regulation system for LA, based on thermistors with a spatial resolution
of 10 mm. A numerical model based on the bioheat equation was also implemented to calculate
the heat distribution, however, the thermal damage prediction was not included in the model [48].
Moreover, an auto-controlled laser on-off strategy was presented, combined with a theoretical
model that numerically solved the heat diffusion equation, for retrieving the final volume heating,
during photothermal therapy. In 2016, a feedback system based on a proportional-integrative-
derivative (PID) control of thermocouple-assisted photothermal ablation performed with a 980 nm
laser emitter was proposed [22]. In this work, the simulation model was implemented exploiting
the Pennes’ equation, solved by using a finite-element method. However, two different tuning
approaches (manual and automatic, respectively) were utilized for computational modeling and
the actual experimental treatment. Further studies proposed both the simulated and experimental
assessment of temperature-controlled LA performed on ex vivo porcine liver by means of a
thermographic measurement system. The heat distribution and the subsequent thermal injury
were attained from the numerical simulation, however, the optical properties of untreated and
coagulated tissue were not taken into consideration [29]. Moreover, a recently implemented
work from the same research group referred to the maintenance of a set tissue temperature to
induce the predetermined thermal coagulation on porcine liver tissue LA (1064 nm laser), using
a thermocouple for real-time thermal monitoring [30].

Our analysis takes into account the change of tissue properties during LA according to the
temperature and degree of tissue injury, and properly describes the thermal effects on the tissue,
as witnessed by the comparable thermal outcomes attained in simulation and experimental
frameworks (Fig. 11). This agreement validates the developed model and its use for preoperative
optimization of LA parameters. In the future, this model could also be employed to perform
an intraoperative control in combination with real-time measurement of the tissue changes.
For instance, a potential technique that can monitor the transition state between native and
coagulated tissue could also be applied [54]. The retrieved data might be used in the model
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for the estimation of the thermal outcome and the subsequent adjustment of the control settings
during the procedure.

The ON-OFF control strategy used in our work allows, indeed, to effectively control the tissue
temperature according to the set temperature, as also reported in other studies employing different
thermal ablation techniques [55,56].

On the other hand, numerical and experimental results (Figs. 5, 6, 7, 9, and 11 and Table 3)
demonstrate that the ON-OFF approach has some disadvantages, such as overshoot and delay
response, that could affect the overall treatment [28]. Therefore, further evaluations on the effect
of the wavelength and tissue optical properties could be of interest for assessing if overshoots
and delay response can be limited, and new control techniques need to be introduced to improve
treatment efficacy. For instance, a few studies [22,57] have been already investigating PID control
for LA, but none of them considered quasi-distributed fiber sensors for PID-based control, which
can be the future improvement of the proposed work for the optimal control of thermal effect
during biological tissue LA. Lastly, being our analysis focused on the assessment of the validity
of the theoretical model for pre-planning the control, a simplified and controllable approach
neglecting the convective heat loss caused by blood perfusion was chosen. Indeed, the heat-sink
effect has a significant impact on the temperature distribution in the target [58], hence future
studies should also consider this phenomenon in both the pre-planning control strategy model
and experiments, to approach the final clinical application. In order to implement our strategy in
the in vivo conditions, other factors shall be considered in the future: a longer treatment time
should be set to account for the thermal losses due to the concurrent blood perfusion; diffusing
laser applicators could be employed to enlarge the treatment volume; the cross-sensitivity of
FBGs to strain due to the physiological movements should be considered and possibly mitigated
by the use of needles [59]; the position of sensors used for control should be tailored according
to the tumor size, to attain the desired thermal damage.
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Abstract— In this article, we propose a temperature-based
proportional–integral–derivative (PID) controlling algorithm
using highly dense fiber Bragg grating (FBG) arrays for laser
ablation (LA) of ex vivo pancreatic tissues. Custom-made highly
dense FBG arrays with a spatial resolution of 1.2 mm were fabri-
cated with the femtosecond point-by-point writing technology and
optimized for LA applications. In order to obtain proper PID gain
values, finite element method-based iterative simulation of differ-
ent PID gains was performed. Then, the proposed algorithm, with
numerically derived PID gains, was experimentally validated.
In the experiments, the point temperature was controlled at
different distances from the laser fiber tip (6.0, 7.2, 8.4, and
10.8 mm). The obtained results report robust controlling and
correlation between controlled distance and the resulting area of
ablation. The results of the work encourage further investigation
of FBG array application for LA control.

Index Terms— Closed-loop temperature control, feedback
system, fiber Bragg grating (FBG) sensors, optical fiber, pancreas,
proportional–integral–derivative (PID) control, temperature
monitoring, thermal ablation (TA).

I. INTRODUCTION

PANCREATIC ductal adenocarcinoma (PDAC) is the
fourth cause of cancer deaths in the world, with about 57

600 new cases and 47 050 deaths in 2020 in the U.S. only [1].
This number is estimated to increase, and by 2030, PDAC will
become the second leading cause of cancer-related deaths [2].
The main reasons for such statistics are difficulty in early
diagnosis, high biological aggressiveness, and inefficiency of
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traditional approaches. Recently, thermal ablation (TA) tech-
niques have received increasing interest in PDAC treatment
due to their minimal invasiveness [3]. The main principle
of these techniques is based on inducing local temperature
change that leads to tumor necrosis. Depending on the source
of temperature change, different ablation types exist—radio
frequency, microwave, ultrasound, and laser ablation (LA) [4].

Among all ablation techniques, LA has unique advantages,
such as flexibility and electromagnetic immunity of the fiber
optic applicator, which allow the treatment of deep-lying
organs under image guidance [5]. LA is based on the laser light
absorption and scattering inside ablated tissue, which leads to
temperature elevation and, consequently, to thermal damage
of the treated tumor. For deep tumors, laser wavelengths in
the so-called “therapeutic window” (940–1100 nm) are mostly
utilized due to a good tradeoff between penetration depth and
absorption of laser light by the tissue that entails the possibility
to ablate large areas (tens of millimeters) [6].

However, the main limitation of LA, and other ablation
techniques, is an uncertainty of the treatment results due to
the complexity of the ablation phenomenon and the heat-tissue
interactions [7], [8].

One of the possible solutions is a minimization of the
uncertainty of the procedure by introducing a closed-loop
approach based on measurements of intratissue parameters in
the ablated region. One of the most important parameters to
evaluate the efficacy of TA is temperature. Different ranges
of temperatures have different effects on biological tissues.
Temperatures from 42 ◦C to 45 ◦C correspond to hyperthermia
and related activation of an immune response. At temperatures
from 50 ◦C to 55 ◦C, coagulative necrosis of organs and instan-
taneous death in cell culture can be observed [7], whereas
60 ◦C is the starting temperature for rapid denaturation. As a
result, accurate control of the desired temperature range is an
important factor to ensure efficient cancer treatment.

It is worth noting that not only the tissue temperature value
but also the time the tissue is exposed to this value are
important to properly evaluate the thermal effect [8]. Thus,
different models have been proposed to assess the thermal
damage of TA techniques considering both these aspects. One
of the models is the cumulative equivalent minutes at 43 ◦C
(CEM43), which has been used to assess the severity of
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thermal damage for several tissue types [9]. In this regard,
as will be discussed later in this article, the proposed LA
regulation maintains controlling temperature at 43 ◦C during
LA experiments.

The state-of-the-art works on temperature-based LA
control mostly utilize traditional types of sensors: thermocou-
ples [10], [11], and thermistor probes [12], [13]. The main
disadvantages of these methods are the metallic material of
the sensors and their low spatial resolution. Metallic material
absorbs laser light and heat; thus leading to overestimation
of temperature that can reach above 20 ◦C [14], [15]. The
low spatial resolution of conventional sensors does not allow
proper temperature reconstruction due to high thermal gradi-
ents, especially in the proximity of the applicator tip [8].

One of the possible alternatives to thermocouples and
thermistors is the use of fiber Bragg grating (FBG) sensors.
FBGs, as most optical sensors, are immune to electromagnetic
interference, are small in size, and biocompatible. These
advantages have led to increasing interest in FBG applications
in LA treatments [16], [17].

Recently, our group has been working on FBG array
applications for LA regulation using the ON–OFF controlling
approach. The aim was the regulation of maximum temper-
ature [18] and zone control [19] during contactless LA, and
temperature control at different distances from the laser fiber
tip during interstitial LA [20] of liver tissues. In order to
improve controlling performance, in this article, we propose
and experimentally validate a proportional–integral–derivative
(PID)-based approach applied to the interstitial ablation of
pancreatic tissue. In addition, the model of the heat transfer
inside the tissue undergoing LA has been used for optimizing
the choice of the PID parameters to be used in the experiments.

II. MATERIALS AND METHODS

A. FBG Array Sensors

FBG is a periodic modulation of refractive index in the
fiber core that behaves as a wavelength-dependent reflector,
transmitting all wavelengths except the characteristic Bragg
wavelength λB . The Bragg wavelength is proportional to the
periodicity of modulation �

λB=2neff� (1)

where neff is the effective refractive index of the core mode
field.

The working principle of FBG relies on the fact that a
temperature change �T alters � and neff , and, as a result,
λB [21]

�λB

λB
= α · �T (2)

where α (◦C−1) is the thermal sensitivity of the grating and
�λB is the variation of λB .

Therefore, it is possible to reconstruct temperature changes
along the FBG by measuring the �λB values. In addition,
an array of FBGs along with the fiber (each FBG with
different � and λB) can provide quasi-distributed temperature
measurements, where each FBG acts as a sensing point.

A custom-made highly dense FBG array used in the
experiments was fabricated with femtosecond point-by-
point writing technology. The FBG array was inscribed
in polyimide-coated single-mode fiber SM1500(9/125)P
(Fibercore, Ltd., Southampton, U.K.) with a reduced coat-
ing diameter (∼145 μm). For femtosecond point-by-point
inscription, Pharos 6W (Light Conversion, Vilnius, Lithuania)
femtosecond laser system producing pulses with a wavelength
of 1026 nm and duration of 232 fs was utilized. ABL1000
(Aerotech, Inc., Pittsburgh, PA, USA) air-bearing linear stage
was used for high-precision pulling of the fiber through
the glass ferrule to set the position and individual resonant
wavelength for each FBG in the array.

Pulling of the fiber with the predefined velocity
(vi ∼ 1 mm/s) and simultaneous femtosecond irradiation
with laser pulse sequence ( f = 1 kHz) results in FBG
inscription. The obtained Bragg wavelength is defined by
λB,i = 2neff�i = 2neffvi/m f , where m = 2 is an order of
FBG.

All 40 FBGs in the array were uniformly distributed in
the spectral range of the used interrogator (1460–1620 nm)
in order to reduce mutual interference of the neighboring
gratings. Each of the gratings had a length of 1.15 mm,
an edge-to-edge distance of 0.05 mm (the total length of
the FBG array is 48 mm), and a uniform refractive index
modulation profile, which gave us an FWHM spectral width
of the grating of ∼700 pm. The reflection coefficient of an
FBG in the range of 10%–20% allowed us to record the array
reflection spectrum with a high dynamic range (>30 dB).

These FBG properties were optimized to have a narrow
Bragg spectral width and at the same time to ensure accu-
rate measurements of high-gradient temperature profiles that
can reach up to 50 ◦C/mm near the applicator during LA
procedures [8]. Moreover, the polyimide coating of the array
provides the high thermal resistance (up to 400 ◦C) needed
for accurate quasi-distributed measurements in this applica-
tion [22]–[24]. The temperature sensitivity of the arrays is
(7.43 ± 0.01) × 10−6 ◦C−1. More information about the
fabrication and the metrological characterization of the sensors
can be found in the previous works of the group [19], [24].

The Micron Optics si255 optical interrogator (Micron
Optics, Atlanta, USA, 1-pm accuracy, and wavelength range
1460–1620 nm) was utilized to measure the reflected spectra
from the FBG arrays with a 100 Hz sampling rate.

B. Laser Ablation Equipment

Interstitial LA experiments were performed on ex vivo
healthy porcine pancreatic tissue, which was obtained from
a local farm. After the removal, the organs have been imme-
diately placed in a sealed bag and stored in the fridge (4 ◦C).
For the experiments, each specimen was prepared with a size
suitable for placing in the custom-made box, which was used
for accurate positioning of the sensor and laser fiber. The tissue
temperature before the start of experiments was maintained at
room temperature equal to 22 ◦C.

The diode laser (LuOcean Mini 4, Lumics, Berlin,
Germany) working in continuous-wave mode at a 1064-nm
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Fig. 1. (a) Schematics of the experimental setup: laser fiber and FBG array
inserted in pancreatic tissue positioned in custom-made box; LA regulation
setup consists of optical interrogator, diode laser, and laptop. (b) Photograph
of sensors and laser fiber positioned in pancreatic tissue.

wavelength was used for ablation. This wavelength belongs
to the “therapeutic window” largely used for assuring the
overall absorption of the laser light by the biological tis-
sues, thus, to entail the temperature increase necessary for
the thermal therapy. It is worth noticing that 1064 nm is
the wavelength that has been used for the first human trial
on pancreatic tumors [25]. The flexible quartz optical fiber
(300-μm diameter) was used to guide laser light inside the
tissue.

The laser diode driver allows changing the output optical
power via electrical current modulation during laser irradia-
tion. For PID controlling, an electrical current range of 3000
(minimal current of the laser diode) to 8000 mA was chosen.
In order to obtain corresponding power values, power was
measured with a Newport 843-R-USB power meter (Newport
Corporation, Irvine, CA, USA) for the current range selected.
As a result, the obtained power range used for the PID
temperature regulation experiments was 1.8–6.6 W.

C. Experimental Arrangement

The developed system consists of the laser diode and the
interrogation system, both connected to a computer where a
custom-made LabVIEW program was used to regulate LA.

A custom-made plexiglass box was employed to guarantee
the accurate positioning of the laser fiber and sensors. The
holes located on all sides of the box allow for different sensor
and applicator arrangements in the tissue (Fig. 1).

The fibers were placed with the help of medical needles
to prevent their damage during insertion into the pancreatic
tissue. Initially, an 18-gauge needle (5-cm length) was inserted
in the central hole of the lateral face of the box, and a 21-gauge
needle (11-cm length) was inserted in a different hole at a

Fig. 2. Schematics of laser ablation algorithm. (a) Set of input parame-
ters. (b) Schematics of controlled temperature evolution and related power
during LA.

6-mm distance from the central one. Subsequently, the laser
fiber and the FBG array fibers were inserted into the needles.
The needles were then pulled out so that only the fibers
remained inside the tissue.

The initial temperature of the pancreas, corresponding to
22.0 ± 0.5 ◦C, was measured with a thermocouple before
each experiment. After experiments, the ablated volume was
cut in the middle, and the axes of the ablated region were
measured.

D. Controlling Algorithm

The developed LabVIEW program has two main phases
(Fig. 2).

1) The input of preset parameters: set temperature Tset,
PID gains, and d (distance between the grating with
maximum temperature and the controlled grating).

2) Start of ablation with constant power (3.3 W) until a
threshold of 10 ◦C of temperature change is reached.
Then, the position of the grating exposed to the max-
imum temperature (FBGmax) is saved and position of
the controlled grating (FBGcon) is calculated using the
d value. After, regulation of the controlled tempera-
ture (Tcon) at the controlled grating (FBGcon) is per-
formed using the PID approach. Finally, after 300 s of
steady-state time (tss), the laser is switched OFF.

E. Preplanning Model

In order to have an initial estimation of the gain coefficients
of the PID controller, the heat-transfer phenomenon caused by
the interaction between laser and the pancreas was simulated,
along with the effects of the PID control.

The temperature distribution of an ex vivo biological tissue
subjected to laser-induced thermal treatment is governed by
the bio-heat transfer equation [26], expressed as

ρ · c · ∂T (t, r, z)

∂ t
+ ∇(−k∇T (t, r, z)) = Qsource (3)

where T (t, r, z)(K ) is the tissue temperature, while the
density, the specific heat, and the thermal conductivity of
the biological tissue are represented with ρ(kg · m−3),
c(J · kg−1 K −1), and k(W · m−1 K −1) respectively; the term
Qsource

(
W · m−3

)
represents the deposited thermal energy
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TABLE I

PID GAINS FOR DIFFERENT SIMULATION SETS

delivered by the laser source. Since the latter term is strongly
affected by the light propagation in the tissue, a simple diffu-
sion approximation method was employed to correctly predict
the deposited thermal energy. The Beer–Lambert law [27] was
used to predict the light propagation inside the tissue

∂ I (t, r, z)

∂z
= −αeff · I (t, r, z). (4)

The resulting deposited thermal energy [28] can be
expressed as

Qlaser = αeff ·I0(t, r)·e−αeff ·z (5)

where z(m) is the axial depth in tissue and αeff(m−1) is the
effective attenuation coefficient that was calculated based upon
diffusion approximation [29] to consider both the absorption
and the scattering phenomena. Lastly, I0(W ·m−2) represents
the laser irradiance and is expressed as

I0(t, r) = P(t)

2πσ 2
·e− r2

2σ2 (6)

where σ(m) is the standard deviation related to the beam
profile, r(m) is the radial distance, and P(W ) is the laser
power that is linearly dependent on the laser current C(A).
This last parameter is set by a PID controller as follows:

C(t) = k p · (Tset − Tcon) + ki ·
∫ t

0
(Tset − Tcon(τ ))dτ+kd

· d(Tset − Tcon(t))

dt
. (7)

The PID controller maintains the temperature Tcon(K ) at
the same value of the setpoint temperature Tset(K ), upon
a proper selection of the proportional k p(A·K −1), integral
ki(A·K −1 · s−1) and derivative kd(A · s·K −1) gain coefficients.

III. RESULTS AND DISCUSSION

A. Preplanning of PID Gains

The numerical model of the interstitial LA was solved using
the finite element method (FEM)-based solver: COMSOL
Multiphysics (COMSOL, Inc., Burlington, MA, USA). Several
simulations were run to assess the best set of parameters for the
PID controller based on the tissue thermal response. The tested
gain coefficients are reported in Table I, and corresponding
temperature profiles are reported in Fig. 3(a).

Fig. 3 shows the simulated thermal responses and the
related output power profiles needed to achieve the setpoint
temperature of 43 ◦C under five different PID settings at
d = 10.8 mm. The output power profiles of Set 1, Set 2,

Fig. 3. Simulated temperature (a) and laser power (b) profiles for the different
sets of PID gain values.

and Set 3 experience abrupt changes when the controlled
temperature approaches the setpoint value [Fig. 3(b)]. These
PID sets do not possess control moderation and use mainly
the minimum and maximum power available; consequently,
they are not able to react in advance to the heat diffusion
generated by a thermal gradient. As a result, they experience
temperature overshoots and very lethargic setpoint tracking
due to the suboptimal choice of the gains [Fig. 3(a)].

The light blue curve denotes the thermal response of the
tissue temperature in the absence of the integral term in the
PID system. Since ki is responsible for enforcing zero steady-
state error [30], the steady-state response of Set 5 is not
able to reach the setpoint temperature. Conversely, the gain
parameters selected in Set 4, i.e., k p = 0.7 A · K −1, ki =
0.006 A · K −1 · s−1 and kd = 0 A · s · K −1 showed a
smoother power profile and a thermal response characterized
by a rise time of ∼350 s and a smaller temperature overshoot
of ∼1.8 ◦C (Fig. 3, green line). These last PID gain parameters
were used for the experiments.

Robustness of selected PID gains for different controlled
distances was checked by changing the position of the con-
trolled point from d = 10.8 mm to d = 7.2 mm. Fig. 4 reports
that the selected gains allow having a good controlling perfor-
mance (i.e., rising time of ∼350 s and a temperature overshoot
of ∼0.5 ◦C) also for d = 7.2 mm.

Fig. 5 shows the temperature distributions resulting from the
LA regulation shown in Fig. 4 for d = 10.8 mm (Fig. 5 left-
hand side) and d = 7.2 mm (right-hand side). Different thresh-
olds were selected to display the volumes of pancreatic tissue
subjected to specific temperatures, relevant for laser-assisted
treatment purposes, in particular: 1) sublethal damage around
T ∼ 43 ◦C; 2) instantaneous thermal damage for T ≥ 60 ◦C;
3) vapor diffusion and tissue desiccation at T ≥ 100 ◦C; and
4) removal of tissue mass for T ≥ 300 ◦C [31]. As can
be seen from Fig. 5, the controlled distance d affects the
temperature distribution and, therefore, the extension of the
thermal damage.
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Fig. 4. Simulated controlled temperature profiles for different controlled
distances.

Fig. 5. Simulated temperature distributions for controlled distance equal to
d = 10.8 mm (left) and d = 7.2 mm (right).

B. Experimental Results

After preplanning the PID controller and obtainment of
the gain values, we used them for the experimental tests.
In particular, experiments with different d values (d = 6.0,
7.2, 8.4, and 10.8 mm) were performed to further assess the
robustness of the control strategy toward different distances
and to validate the proposed LA regulation approach.

Fig. 6 reports the evolution of the controlled temperature
and the laser power during LA of the pancreas. As it can be
seen, the controlling algorithm allows for the proper regulation
of the set temperature Tset, which was reached approximately
after 350 s in all cases and maintained for tss = 300 s.
Concerning the laser power, it is maintained constant for the
first seconds of the procedure. Then, it suddenly changes
to 5 W. For d = 6.0 and 7.2 mm, 5 W are maintained
for ∼100 s, whereas for d = 10.8 mm it is maintained for
∼200 s. After this constant phase, the power decreases until
it reaches another plateau at approximately 2 W. This plateau
corresponds to the constant and desired temperature profile

Fig. 6. Measured controlled temperature, set temperature (43 ◦C), and laser
power profiles for different controlled distances.

Fig. 7. Measured controlled temperature profiles (solid lines) and maximum
measured temperature profiles (dashed lines) for different controlled distances.

measured in the tissue and achieved with the implemented
control strategy.

Fig. 7 shows controlled temperatures for different d values
and related maximum measured temperatures (dashed lines).
Despite the high differences between controlled and maximum
temperatures (up to 140 ◦C), the control has an overdamped
behavior for all tests. The results shown in Fig. 7 further high-
light the key role of the implemented control strategy for the
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Fig. 8. Measured contour maps during laser ablation with different controlled
distances for temperatures: 10 ◦C, 43 ◦C, 60 ◦C, and 100 ◦C. The red line
shows the position of the FBG measuring the maximum temperature, and the
white line depicts the position of the controlled grating.

application. Indeed, the complexity of the pancreas structure
from the biological, optical, and thermal points of view causes
irregular heat transfer in the organs, as demonstrated by the
high and irregular maximum temperature profile measured on
the FBGs of the array. Thus, the absence of a suitable control
strategy can worsen the performance of the LA procedure.

The high spatial resolution of the highly dense FBG arrays
allows for reconstructing temperature evolution maps (distance
along with the array versus time) from the measured values,
as shown in Fig. 8. The contour maps measured by the FBG
array during laser ablation are depicted considering relevant
temperatures for the LA biological outcome, i.e., 43 ◦C,
60 ◦C, and 100 ◦C. The red line shows the position of the
FBG measuring the maximum temperature, and the white
line depicts the position of the controlled grating. As can be
seen from Fig. 9, the set temperature (43 ◦C contour) does
not exceed the defined controlled distance (white line) for
all tests. In addition, temperature contours can be used for
the evaluation of instantaneous thermal damage (T ≥ 60 ◦C)
and vapor diffusion and tissue desiccation (T ≥ 100 ◦C).
We observe that for d = 6.0 mm, the FBG array experiences a
temperature evolution which is maintained below 60 ◦C. This
result is expected since the short control distance (with a set
temperature of 43 ◦C) does not allow proper heat transfer in
the tissue. For d = 7.2 mm, d = 8.4 mm, and d = 10.8 mm,
the temperature is higher than the case of d = 6.0 mm, and
at d = 10.8 mm, no contour at 100 ◦C is present. This result
is also acceptable because the aim of the developed algorithm

Fig. 9. Measured set temperature profiles (solid lines) and maximum
temperature profiles (dashed lines) for the controlled distance of 10.8 mm.

Fig. 10. Measured maximum temperature profile and profiles measured by
adjacent gratings for controlled distance of 10.8 mm. Inset: Resulted ablated
region of pancreatic tissue.

is to maintain the stable temperature at the controlled grating
(white line in Fig. 8), while the maximum temperature can
reach any value depending on laser-tissue interaction (as also
shown in Fig. 7).

Fig. 9 shows the repeatability of the temperature control
achievable with our approach. In this case, we report the
maximum temperature profiles measured by the FBGs (dashed
lines) and the controlled temperature measured by the FBG
placed at d = 10.8 mm (continuous line). Three trials on
different parts of ex vivo pancreatic tissue have been repeated,
avoiding any overlap of the damaged zone between consecu-
tive tests. As it can be seen, the control algorithm is able to
maintain stable temperature during tss for all trials. The slight
differences can be due to the inhomogeneity of the tissue.

Moreover, the high spatial resolution of the sensors can
provide information about the thermal gradient. For instance,
we observed that across an intragrating distance of about
2.4 mm, a temperature difference of ∼10 ◦C can be measured
(Fig. 10), which proves the need for high-resolution sensors
for such measurements.

The final results of LA control are presented in Table II. The
energy of the treatment was calculated by using the laser power
values used for PID control and the duration of the controlled
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TABLE II

LA REGULATION RESULTS FOR DIFFERENT CONTROLLED DISTANCES

ablation. Table II reports that the size of the ablated area
mostly depends on controlled distance d and is less correlated
with energy or time of ablation. As a result, the proposed LA
regulation approach allows controlling the size of the ablated
region by changing the controlled distance parameter.

The obtained experimental results validate the proposed PID
approach for LA regulation and show the efficacy of FEM-
based pre-experiment simulations to obtain effective PID gain
values. However, limitations regarding the reliability of the
simulations in the prediction of the final clinical outcome
are represented by the lack of literature about the behavior
of the thermo-optical pancreatic properties with respect to
temperatures and by the complexity of photothermal-induced
heat transfer in biological tissue. Thus, thermo-optical tissue
properties need to be investigated in detail to improve TA
simulations and their applications in tumor treatment.

In the proposed approach, temperature measurements per-
formed by custom-made highly dense FBG arrays allow for
efficient controlling of temperature at different distances and
ablation volumes. The high spatial resolution and electromag-
netic immunity of the used sensors provide unique advan-
tages in comparison with traditional measurement techniques.
Indeed, in the recent work focused on the PID regulation of
LA based on thermocouple measurements, a 0.5-mm plas-
tic plate was positioned between the laser applicator and
the thermocouple to prevent laser light artifacts along with
self-heating [30]. This approach significantly limits possi-
ble clinical applications of all of the standard temperature
sensors for LA. For instance, the recent work of Paiella
et al. [32] on clinical testing of immune-stimulating interstitial
laser thermotherapy of the pancreas using a feedback mode
with conventional sensors (thermistors) reports unsatisfactory
results in terms of device handling, safety, and feasibility.

Thus, the limitations of convenient sensors observed in the
literature encourage further investigation of fiber optic use
for LA control. Indeed, recent investigations of single-FBG-
based measurements for PID-based control were performed
for a laser-heated needle for biopsy tract ablation and showed
promising results [33], [34]. In addition, the use of highly
dense FBG arrays for LA regulation has been discussed in the
recent works of our group [18]–[20], where an ON–OFF control
law yielded undesirable overshoots and delayed responses in
the temperature regulation.

Nevertheless, one of the limitations of FBG array use for
TA is the temperature-strain cross-sensitivity that can lead to
measurement artifacts during temperature monitoring. In our

experimental setup, this artifact was minimized using the
difference between diameters of the needle utilized for FBG
placing (21 G = 0.819 mm) and the FBG array diameter
(145 μm). This difference results in slightly looser adhe-
sion between tissue and the sensor, thus decreasing strain
effect [35], [36].

In order to significantly reduce strain artifacts stemming
from the axial strain and bending, a suitable embodiment
[glass or polytetrafluoroethylene (PTFE) capillary] to encapsu-
late FBG needs to be developed. However, it can affect sensor
dynamic response and absorb the part of the laser light during
LA. As a result, more investigations need to be performed
in the encapsulation development to completely avoid strain
artifacts during FBG temperature measurements.

IV. CONCLUSION

In conclusion, a temperature-based feedback approach for
LA regulation was investigated. For temperature measure-
ments, custom-made highly dense FBG arrays were inscribed
in single-core fiber using point-by-point writing technology.
The high spatial resolution (1.2 mm) and temperature resis-
tance above the typical maximum temperatures of LA provide
unique advantages for thermometry. Moreover, FEM-based
iterative simulations were developed to optimize the choice
of PID gains. In order to validate the closed-loop approach,
the point temperature was controlled at different distances
from the laser fiber tip (6, 7.2, 8.4, and 10.8 mm). The
approach here proposed is an innovative feature for the specific
application of laser ablation for tumor treatment, where usually
no control at all is performed, but the procedure relies only
on the experience of the doctor. The results show effective
temperature control for all distances and for all experimental
trials. The results of the work encourage further investigation
of FBG array applications for LA regulation.
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Abstract: This work presents an experimental investigation of the effect of chemical etching on
the refractive index (RI) sensitivity of tilted fiber Bragg gratings (TFBGs). Hydrofluoric acid (HF)
was used stepwise in order to reduce the optical fiber diameter from 125 µm to 13 µm. After each
etching step, TFBGs were calibrated using two ranges of RI solutions: the first one with high RI
variation (from 1.33679 RIU to 1.37078 RIU) and the second with low RI variation (from 1.34722 RIU
to 1.34873 RIU). RI sensitivity was analyzed in terms of wavelength shift and intensity change of
the grating resonances. The highest amplitude sensitivities obtained are 1008 dB/RIU for the high
RI range and 8160 dB/RIU for the low RI range, corresponding to the unetched TFBG. The highest
wavelength sensitivities are 38.8 nm/RIU for a fiber diameter of 100 µm for the high RI range, and
156 nm/RIU for a diameter of 40 µm for the small RI range. In addition, the effect of the etching
process on the spectral intensity of the cladding modes, their wavelength separation and sensor
linearity (R2) were studied as well. As a result, an optimization of the etching process is provided, so
that the best trade-off between sensitivity, intensity level, and fiber thickness can be obtained.

Keywords: optical fiber sensors; refractive index sensing; tilted fiber Bragg grating; chemical etching;
etching optimization

1. Introduction

Tilted Fiber Bragg Grating (TFBG) is a periodic modulation of the refractive index of
the core of an optical fiber, photo-inscribed at a certain angle with respect to the fiber radial
axis [1]. While a standard fiber Bragg grating (FBG) behaves as an optical narrow-band
notch filter [2], the transmission spectrum of a TFBG reveals a collection of backward-
propagating cladding mode resonances. In addition to the typical temperature and strain
sensitivities, these structures are able to detect variations in the refractive index (RI) of the
medium surrounding the optical fiber [3]. TFBGs have seen a substantial development as a
sensing technology in the last few years, thanks to their association with different coating
materials and their ability to measure and quantify multiple parameters [4–8].

Examples of applications in mechanical sensing include optical fiber accelerometers [9],
cantilever-based micro-displacement sensors [10], and even three-dimensional shape sen-
sors based on orthogonal TFBGs [4]. However, optical fiber biosensing is the field where
TFBGs showcase their highest potential [11]. The biofunctionalization process consists
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of immobilizing bioreceptors on the outer surface of a TFBG (using, for example, a thin
metallic film coating or a silanization process) and performing a specific measurement of
a biological analyte. In this configuration, TFBGs encode the RI information entirely in
the cladding modes, as these resonances shrink or enlarge as the RI increases or decreases.
Several research works have documented TFBG-based biosensors for the detection of cancer
biomarkers [12,13], cardiac biomarkers [14], or protein-based analytes [15], among other
immunosensing applications [16].

Typical TFBGs used for biosensing operate at infrared wavelengths on standard single-
mode fibers (SMF) and with a tilt angle between 5◦ and 15◦. In this way, their optical
spectrum can be demodulated using commercial FBG interrogators or optical spectrum
analyzers operating in the third optical transmission window. Additionally, a metallic thin
film can be deposited on the TFBG surface to exploit plasmonic effects that occur when the
P-polarized cladding modes are excited within the grating. On a surface plasmon resonance
(SPR) biosensor [17], this film has the dual purpose of hosting bioreceptors and propagates
the corresponding plasmon wave [16]. Plasmonic TFBGs provide higher sensitivity and a
lower detection limit [18] when compared to bare TFBGs.

Another method to improve the performance of a TFBG is the use of chemical etching
of the fiber cladding, forming an etched TFBG (eTFBG). This structure was previously
reported for protein sensing [15] and showed a significant sensitivity improvement over
a standard TFBG. The spectral properties of an eTFBG are similar to the properties of the
original grating, but the wavelength spacing between cladding modes tends to change
as the etching process progresses and the fiber cladding becomes thinner. Among their
advantages, eTFBGs are based on standard TFBGs, so the same photo-inscription setup can
be used for their fabrication. The optical spectrum of an eTFBG is polarization-independent
and, unlike other TFBG configurations, does not require any additional polarizer or polar-
ization controller [15]. Additionally, the cladding modes of an eTFBG span just a few tens of
nanometers, and their interrogation can be carried out using standard equipment. eTFBGs
encode the RI information in the cladding modes rather than in a core mode as for an
etched FBG [19], so it is possible to obtain significant sensitivity ratings without completely
depleting the cladding, hence maintaining most of the mechanical stability of the original
fiber. Finally, by independently analyzing the Bragg mode, which is RI-insensitive, it is
possible to compensate for temperature fluctuations.

In this work, the properties of eTFBGs targeting RI-sensing applications are experi-
mentally investigated. Since the eTFBG behavior depends on the etching process itself, the
sensitivity of the grating (both in terms of wavelength shift and intensity change), as well
as the spectral intensity levels of the cladding modes, which are studied in every step of the
process. The results allow the etching levels for eTFBGs to be optimized, hence providing
the best trade-off between sensitivity, intensity level and fiber thickness.

2. Materials and Methods
2.1. Chemicals

Hydrofluoric acid (HF) was purchased from Sigma Aldrich (Darmstadt, Germany).
D-Sucrose was purchased from Thermo Fisher Scientific (Runcorn, UK). Absolute ethanol
was purchased from Aidabul Distillery (Kokshetau, Kazakhstan). Etching and calibration
processes were conducted in a chemical fume hood at room temperature (±1 ◦C).

2.2. TFBG Photo-Inscription

The photo-inscription of the TFBGs was carried out using the well-known phase-
mask technique [20]. An excimer ArF laser emitting at 193 nm, the desired phase-mask
and all the necessary optics were integrated in a Noria FBG Manufacturing System from
NorthLab Photonics. A hydrogen-loaded photo-sensitive single-mode optical fiber (PS-
1250 from Fibercore UK) was appropriately placed in the system and the photo-inscription
parameters were set to a pulse energy of 5 mJ, a repetition rate of 50 Hz and a set of 3
bursts of 7500 pulses per TFBG. A custom phase-mask with a tilted holographic pattern
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and a pitch of 1078 nm was chosen in order to obtain a TFBG operating at the third optical
transmission window. As a result, a set of 1 cm-long TFBGs was produced, exhibiting a tilt
angle of 10◦. Once the photo-inscription process was finished, the gratings were thermally
annealed at 100 ◦C for 24 h to remove the residual hydrogen content still present in the
optical fiber.

2.3. TFBG Interrogation

TFBG interrogation was carried out by a previously reported method [15] in which the
optical spectrum is measured using an optical backscatter reflectometer (LUNA OBR 4600
from LunaInc, Blacksburg, VA, USA) with a resolution of 8 pm and a wavelength window
between 1525 nm and 1610.5 nm. One end of the TFBG was connected to the OBR through
a pigtail of SMF. The other end was spliced using a standard optical fiber splicer (Fujikura
12-S, SMF-SMF splicing mode) to another pigtail of SMF, which was connected to a gold
reflector (LunaInc, Blacksburg, VA, USA). As a result, the transmission spectrum of the
TFBG is reflected to the interrogator so that the overall “transmission-reflection” spectrum
can be measured [21]. This setup allows the cladding modes from the TFBG to be analyzed,
with the aim of obtaining information about the RI variation of the outer medium.

2.4. TFBG Chemical Etching

The etching process was adapted from the previous work [15] by implementing some
modifications in the setup. The TFBG was etched by immersing the grating region in a
solution of 48% HF in a container located inside a chemical fume hood (Waldner Secuflow
airflow controller, ceiling-bench mounted) at room temperature. The etching was conducted
in a closed compartment (cylinder) fixed with rubber plugs at each end. The container
had two ports: an inlet where the sample was injected using a 1 mL syringe and an outlet,
which was linked to the waste container. The container allowed the integrity of the etched
TFBG to be maintained during the rinsing steps since the diameter of the fiber becomes
thinner after every immersion in HF. Additionally, the container allowed HF vaporization
to be avoided during the etching process. The TFBG region of the fiber was placed inside
this cylinder, as shown in Figure 1. Before the etching process, the surface of the fiber
inside the container was cleaned with ethanol and allowed to air dry. Then, the fiber was
incubated in HF solution until the spectrum started to change. After each etching step, the
fiber was rinsed thoroughly with dH2O several times to remove remaining HF residues,
and it was subsequently calibrated using sucrose control solutions with known RI.
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Figure 1. Experimental setup for fiber etching: (a) Schematic overview of the setup; and (b) Corre-
sponding real image: TFBG was immersed in a closed compartment (cylinder) with 48% HF (during
etching stage) or with different sucrose solutions (during RI calibration). The container had two ports:
an inlet where the sample was injected using a 1 mL syringe and an outlet which was linked to the
waste container.
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Calculation of the fiber diameter after each etching step was based on a previously
reported diameter estimation approach, where the final diameter was measured using a
Leica DM4000 B Digital Microscope with 20×/0.50 objective, and a step-evolution of the
diameter was estimated using quadratic fitting [15], as shown in Figure 2.
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2.5. RI Calibration and Spectral Analysis

Sucrose was used for the preparation of solutions in two RI ranges: the first one with
high RI variation (from 1.33679 RIU to 1.37078 RIU; RIU: refractive index units), and the
second with low RI variation (from 1.34722 RIU to 1.34873 RIU). The wider range extends
for 3.4 × 10−2 RIU, which mimics the operation of most biosensors; the second range spans
1.5 × 10−3 RIU, which represents a sensor operating on a small-signal analysis, such as
biosensors close to the limit of detection [22]. The RI of each solution was measured using
an automatic digital refractometer (Anton Paar, Inc., USA, Abbemat 300). TFBG and eTFBG
calibration with varying RI were performed by completely injecting the solution inside the
container where the TFBG was placed using a 1 mL syringe. Calibration for both RI ranges
was carried out after each step of the etching process to investigate the spectral properties
and their relation to the etching levels.

Both wavelength and intensity of the cladding modes were tracked using a feature
tracking method implemented in MATLAB® (Mathworks Inc., UK) and their variation with
regard to the etching process was evaluated. Then, wavelength and intensity sensitivities
for both RI ranges were calculated, as well as the coefficient of determination (R2 value) of
the fitted data.

3. Results

The response of the unetched TFBG to RI variations was studied, as can be seen in
Figure 3. It should be noted that for the high-order cladding modes (which have lower
wavelength values), amplitude changes are more significant than for the low-order modes.
Indeed, the increase in RI leads to the gradual disappearance of the modes since they
are no longer totally internally reflected by the cladding boundary and reach the cut-off
condition [1]. The inset of Figure 3 shows a detailed view of one mode of the TFBG and
how it changes due to the variation of the refractive index of the surrounding medium. For
minor RI variations, in this case less than 0.0203 RIU, only wavelength shift is observable,
while amplitude change corresponds to higher RI variations.
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effect on the cladding mode near 1555.5 nm.

Then, etching of the TFBG was performed stepwise to evaluate the sensing properties
of TFBGs with different optical fiber diameter values. The spectral evolution as a function
of the etching process is shown in Figure 4. The fiber diameter decreased due to etching
steps from 125 µm to 13 µm. It worth noting that the spectra are provided with an offset
for clarity of spectra plotting on one graph. Indeed, without considering an offset, the
maximum amplitude value for the unetched TFBG is −5 dB and the minimum is −48 dB,
while the etched TFBG (14 µm) has the maximum amplitude of −5 dB and the minimum
of −22 dB. A smaller diameter leads to a decrease in the number of modes, due to the
mode escaping to the surrounding medium. For a fiber diameter below 40 µm, most of
the cladding modes are no longer distinguishable, and only few modes in the range of
1590–1605 nm can be used for interrogation in both RI ranges.
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area shows the Bragg mode of the TFBG. Offset has been introduced for clarity of spectra plotting on
one graph.



Sensors 2022, 22, 2259 6 of 10

The etching process changes the spectral amplitude of the cladding modes and the
wavelength span between adjacent modes [23]. Figure 5 shows the dependence of both
parameters on the wavelength of the modes themselves. As can be seen, the minimum
amplitude of the unetched TFBG is equal to −53.3 dB, while an eTFBG with a fiber diameter
of 73 µm reaches roughly −22 dB. When fiber diameters of 40 µm and 13 µm are reached,
just a few modes close to the Bragg wavelength can be measured and their intensity is
roughly −8 dB. Moreover, the spectral quality decreases significantly: modes become
broader, poorly defined, especially high-order modes (at shorter wavelengths). One of the
possible reasons for low spectral quality can be the surface roughness after the etching [23].
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Additionally, Figure 5 illustrates the wavelength span evolution corresponding to
different fiber diameters. The separation between modes increases from 1 nm to 3 nm for
unetched TFBGs and fiber diameters of 73 µm, respectively. The maximum wavelength
span experimentally measured is 5.5 nm for the few distinguishable modes, corresponding
to a fiber diameter of 40 µm.

RI calibration has been performed for the high and low RI ranges for all cladding
modes. For example, Figure 6 reports shifts of the wavelength and amplitude for both RI
ranges and the related fitted linear regression for the most sensitive modes of the unetched
TFBG. The same approach has been used for all modes to obtain the sensing information
shown in Figures 7 and 8.

Amplitude and wavelength sensitivities of cladding modes after each etching step are
illustrated in Figures 7 and 8. In both figures, dot markers show the modes with sensitivity
linearity higher than 0.9 (R2 > 0.9). As can be seen, maximum amplitude sensitivities
for both ranges correspond to unetched TFBGs (1008 dB/RIU and 8160 dB/RIU) and the
sensitivity decreases for smaller fiber diameters. It is worth noting that for the high RI
variation range, only several modes between 1543 nm and 1547 nm have high sensitivity
and good linearity (R2 > 0.9), while for the small RI range, only one cladding mode at
1543 nm has high amplitude sensitivity. These results are in correspondence with the
theory that the cladding modes with the effective refractive index closer to the surrounding
refractive index are the most sensitive for RI variations.

For the wavelength sensitivity, the maximum value for the high RI range is 38.8 nm/RIU
for a fiber diameter of 100 µm and 156 nm/RIU with 40 µm for the small range. It is
important to highlight that for the small RI range, it was also possible to analyze the



Sensors 2022, 22, 2259 7 of 10

“quasi-modes” in the range between 1530 nm and 1560 nm for diameters equal to 40 µm
and 13 µm (in Figure 4, they correspond to the two last spectra). As a result, the highest
wavelength sensitivity corresponds to 40 µm and is roughly 156 nm/RIU.
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4. Discussion

The performed experimental investigation shows that the highest amplitude sensitivity
corresponds to unetched TFBGs and decreases with etching. In contrast, in the case of the
wavelength sensitivity, the highest values are reached for 100 µm and 40 µm fiber diameters.
It is worth mentioning that the method used for tracking peaks of TFBG spectra differs
from others reported in related research works. For instance, the envelope-tracking method,
which evaluates the area between upper and lower envelopes of the TFBG spectrum [24,25]
to assess the etching effect on RI sensitivity, is not suitable for small ranges of RI variations
because amplitude changes are presented only in several modes and the area does not
change significantly. Moreover, this effect is higher after etching due to the decrease
in amplitude sensitivity. Considering the fact that small RI detection is gaining more
popularity for biosensing applications [12,15,26], an efficient method suitable for small
RI range variations has high importance. Another method, which follows individual
resonances close to the cut-off region where mode effective index is equal to RI of the
surrounding medium, is not effective for etched TFBGs. Indeed, in this case, wavelength
separation increases, the dynamic range for each mode becomes bigger, but it becomes
more difficult to find a mode near cut-off for a wide range of SRI values. As a result, it is
preferable to analyze all modes and compare them for sensitivity values, as was carried out
in the presented work.

It is worth discussing the reasons for smaller wavelength and amplitude sensitivities
of TFBGs for the higher RI range in this work. With increase in RI of the surrounding
medium, more and more high-order modes become no longer totally internally reflected by
the cladding boundary (the modes become lossy). As a result, for high RI range analysis,
the low-order mode has to be chosen to guarantee its presence for all RI values. However,
since such mode is positioned far from the cut-off point, overall RI sensitivity will be low.

Additionally, it is important to mention that a step response of the TFBG sensor
is present when the cutoff mode switches from one cladding mode to the adjacent one.
This step jump can be considered as an uncertainty in the wavelength measurements.
Moreover, high ambient temperature changes can also affect this step jump. However, due
to high wavelength separation between the cladding modes (at least 1 nm in Figure 5 right)
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and low temperature changes in laboratory conditions, this phenomenon was considered
insignificant in this work.

Wavelength and intensity tracking play a significant role in optical fiber interrogation
systems applied to sensing [27]. Intensity detection [28] is a common method particularly
used with plasmonic gratings. However, from a system standpoint, where reliable long-
term operation is required, the detection of the wavelength shift is preferable, as it is
more robust with respect to the fluctuations of the light sources, fiber twists, and other
attenuation effects. In this regard, the eTFBG achieves a significant improvement over
the TFBG with the standard fiber diameter, as it allows an almost 4× sensitivity increase
obtained with a quite large cladding (~100 µm), which does not compromise the mechanical
strength of the fiber. With the help of the figures and outcome of this work, an optimal fiber
diameter can be chosen as a function of the desired sensitivity, so the sensor design can be
adapted accordingly to the project specifications.

5. Conclusions

An experimental investigation was carried out to evaluate the evolution of the TFBG
properties after etching, aiming to improve RI sensitivity to the surrounding medium.
TFBGs with an initial diameter of 125 µm were etched stepwise in the hydrofluoric acid
solution until reaching a fiber diameter of 13 µm. RI calibration was performed after each
etching step for different RI solutions in two ranges: the first one with high RI variation
(from 1.33679 RIU to 1.37078 RIU), and the second with low RI variation (from 1.34722 RIU
to 1.34873 RIU). Wavelength and amplitude sensitivities of all modes, spectral intensity
levels of the cladding modes, their wavelength separation and linearity (R2) were evaluated
for each RI calibration. The highest amplitude sensitivities obtained are 1008 dB/RIU for
the high RI range and 8160 dB/RIU for the low RI range, corresponding to the unetched
TFBG. However, the highest wavelength sensitivities are 38.8 nm/RIU for a fiber diameter
of 100 µm for the high RI range, and 156 nm/RIU for a diameter of 40 µm for the small RI
range. The results allow the most suitable etching process to be selected in order to optimize
RI sensitivity depending on the interrogation technique required by the application.
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Abstract—In this work, we investigate the application of 
tilted fiber Bragg grating (TFBG) sensors during ex vivo laser 
ablation of porcine hepatic tissues. Initially, TFBG’s ability to 
measure the surrounding refractive index (RI) for different 
sucrose concentrations and the possibility to measure the RI 
of the targeted tissue during laser ablation (LA) is analyzed. 
After, the temperature sensing modality of TFBG is 
investigated in detail.  We have implemented an algorithm for 
quasi-distributed spatial temperature profile reconstruction 
along TFBG. The algorithm models the TFBG core mode 
spectrum as a chain of Bragg gratings (each Bragg grating is 
modeled via coupled mode theory), where each grating is sensitive to local temperature changes. After, the Gaussian-
shape temperature profile along the TFBG is reconstructed using the iterative optimization technique. Temperature 
measurements have been compared with highly-dense FBG array measurements and with conventional TFBG point 
temperature measurements based on the core mode tracking techniques (maximum tracking, X-dB Bandwidth, 
centroid methods). Overall, the proposed reconstruction algorithm is able to provide a quasi-distributed temperature 
profile along TFBG, which is not possible to obtain using conventional point temperature measurements based on the 
TFBG’s core mode tracking. The resulted root-mean-square error in comparison to FBG array reference measurements 
is 7.8±1.7 °C. In general, the results show that the main reliable sensing modality of TFBG during LA is temperature 
monitoring, which can be significantly improved by the proposed algorithm. 
 

Index Terms—laser ablation, optical fiber sensors, refractive index sensing, temperature monitoring, thermal treatment, 
tilted fiber Bragg grating 

 

 

I.  Introduction 

YPERTHMAL techniques can be considered as one of 

the main alternatives to traditional methods (surgical 

resection, chemotherapy, and radiation therapy) for cancer 

treatment [1], [2]. During such techniques, the tissue 

temperature increase is induced to destroy cancer cells, or 

sensitize tumors for radiotherapy and chemotherapy, or as 

complementary to cancer immune therapy [3]. Hyperthermia 

can be divided into several types according to the value of 
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temperature elevation: fever-range (39.5 °C – 41.5 °C), 

traditional (41.5 °C – 54 °C), and ablation (more than 60 °C) 

[4]. Moreover, hyperthermia can be categorized according to 

the way of treatment (invasive or non-invasive), and by the 

source of energy: microwave [5], radiofrequency [6], high-

intensity focused ultrasound [7], and laser ablation (LA), and 

others [8].  

Among all invasive hyperthermal techniques, laser ablation 

possesses unique features such as immunity to electromagnetic 

interference and the ability to reach deep-lying organs. These 
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advantages stem from the fact that the energy is guided by 

flexible optical fiber made of glass or polymer [9]. As a result, 

an effective treatment that is compatible with magnetic 

resonance and computed tomography guidance is possible. 

Different research works have been performed to validate the 

efficiency of LA treatment for thyroid [10], brain [11], pancreas 

[12], bones [13], and liver [14]. 

Nevertheless, for the effective result of LA treatment without 

recurrences, irreversible damage to the whole cancer tissue has 

to be performed. Therefore, accurate monitoring of temperature 

and related tissue changes of the targeting tumor is of 

paramount importance [15]. In this regard, conventional 

invasive temperature monitoring methods, such as 

thermocouples [16], and thermistor probes [17], have two main 

limitations: the low spatial resolution and the metallic material 

of the devices. The low resolution of the sensors can not provide 

accurate temperature information due to high thermal gradients 

associated with LA, especially near the applicator [18]. The 

metallic material significantly absorbs the laser light, which 

leads to a change of heat distribution near the applicator and 

significant temperature overestimation (error can reach more 

than 20 °C) [9], [19]. 

Fiber optic sensing is one of the possible alternatives to 

conventional sensors for LA monitoring, due to their flexibility, 

sub-millimetric size, biocompatibility and immunity to 

electromagnetic interferences [18]. Moreover, fiber sensing is 

able to provide distributed (the whole fiber is a sensor) or quasi-

distributed (fiber has several sensing points along its length) 

temperature measurements [20].  

The most popular technique for distributed sensing during 

LA relies on Rayleigh scattering phenomena: temperature 

profile reconstruction is based on the analysis of spectral shift 

on each segment of the fiber between the measured and 

reference (no temperature change) states [21]. Rayleigh-based 

distributed sensing provides high sensing length, but its low 

spatial resolution, high interrogator cost, and low sampling rate 

limit its application for real-time monitoring during LA [20]–

[22]. 

Quasi-distributed sensing is mainly based on fiber Bragg 

grating (FBG) temperature sensors. An FBG is a periodic 

modulation (with a specific grating period) of the refractive 

index along the fiber core. FBG acts as an optical narrowband 

notch filter: it transmits the whole input spectrum except the 

specific part of it. This portion is reflected from the FBG and 

centered at the Bragg wavelength [23]. Since the Bragg 

wavelength depends on temperature perturbations on the 

grating, monitoring of FBG peak can be used to measure 

temperature change at the grating [23].  

Moreover, several FBGs with different grating periods can 

be inscribed along the fiber to obtain a spectrum with several 

different reflected Bragg wavelengths. The peak tracking of 

such spectra allows multi-point measurements (thus, the quasi-

distributed sensing) along the chain of FBGs, called an FBG 

array.  

The ability to provide multi-point measurements and 

immunity to electromagnetic interference pave the way for 

FBG sensing applications for laser hyperthermia [24]–[27]. 

Moreover, our group has recently demonstrated the efficacy of 

FBGs to regulate LA in real-time for maximum temperature 

control [28], zone control [29] during contactless LA, and 

temperature control during interstitial LA [30], [31] of ex vivo 

tissues. 

A particular type of FBG is the tilted FBG (TFBG), in which 

the Bragg grating planes are tilted to the optical fiber axis. Due 

to the tilt of the grating and the related coupling between the 

core and cladding modes, TFBG is sensitive to fiber-related 

parameters (temperature, axial strain, pressure, bending, among 

others) and outside medium parameters, such as surrounding 

refractive index (RI) [32]–[35]. TFBGs have also been 

proposed for the simultaneous measurement of different 

quantities, benefiting from the difference in responses of 

cladding modes and core mode in the TFBG spectrum [36]. 

Recently, Alqarni et al. have used a TFBG structure to 

manufacture a self-monitored laser-irradiating device based on 

the application of TFBG with an absorptive coating as a 

miniature heat source with sensing capabilities [4]. In this case, 

the tilt angle of the grating leads to the light coupling to 

cladding modes and absorption of it by coating. Thus, this 

technique is not based on laser absorption by the tissue, but on 

heat transfer from the absorptive coating surface of TFBG. 

Temperature monitoring in [4] is based on conventional TFBG 

core mode tracking, in which TFBG acts as a sensing point and 

allows only a single-point measurement.  

Considering the multi-sensing capabilities of the TFBG and 

its potential application in LA, it is useful to explore the 

possibility to use different TFBG sensing modalities for thermal 

treatment monitoring and improve TFBG temperature 

measurement capabilities. 

In this regard, we investigate TFBG’s ability to measure 

surrounding RI, which can be an important parameter to obtain 

information about the composition of tissues with which the 

TFBG sensor comes into contact. Indeed, the light propagation 

within tissue is sensitive to changes in medium microstructure, 

hence optical parameters could be used to directly quantify the 

tissue damage [37], [38]. It is known that the RI values of 

biological tissues are primarily mapped by their water content: 

the higher the content of water in the tissue, the closer its RI 

value to that of water (RI=1.33) and vice versa [39]. Thus, we 

perform TFBG calibration in the RI range for biological tissues 

and analyze the cladding mode resonances behavior during LA. 

Moreover, we propose the reconstruction algorithm based on 

coupled-mode theory for measuring a quasi-distributed 

temperature profile along the TFBG during LA. The initial 

version of the algorithm has been already validated by our 

group for linearly chirped FBG (CFBG). CFBG is a fiber 

structure with the grating period linearly increased along the 

grating length, which results in a broad reflection spectrum that 

can be from a few to tens of nanometers in full-width half-

maximum (FWHM) bandwidth [23]. The algorithm has been 

validated for measurements during LA using commercial 

CFBGs [40], [41], and using a custom-made plastic CFBG [42]. 

A detailed description of the CFBG spectrum model and related 

temperature profile reconstruction is provided in [43]. 

It is important to note that this algorithm is challenging to use 
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for TFBG due to the small amplitude and narrow bandwidth of 

the TFBG’s core mode. Thus, in this work, we modify the 

algorithm and validate it by comparing its results with the 

conventional core mode tracking techniques and the FBG array 

measurements.  

II. MATERIALS AND METHODS 

A. Fiber optic interrogation system 

The Micron Optics si255 optical interrogator (Micron Optics, 

Atlanta, USA) was utilized to measure the spectra of the FBG 

array and the TFBG with a 10 Hz sampling rate, with a 

synchronized approach. Both ends of TFBG were connected to 

two different channels of the interrogator and the overall 

"transmission-reflection" spectrum was measured.  

B. Tilted fiber Bragg grating 

For this work, we utilized commercially available TFBG 

(Technica Optical Components, Atlanta, USA) with an 8° tilt 

angle, a 10 mm grating length, apodized FBG profile, and core 

mode at 1550 nm with FWHM less than 0.5 nm. Fig. 1 reports 

the overall "transmission-reflection" spectrum of the TFBG 

sensor: the core mode centered at 1550 nm, the ghost mode at 

1548 nm, and the cladding mode resonances comb is 

approximately in the range of 1509 nm – 1547 nm. 

Moreover, separate calibrations specific for each sensing 

modality were performed: the core-to-core Bragg resonance 

calibration for temperature sensing, and RI calibration of the 

cladding mode resonances comb for RI sensing. 

The core-to-core Bragg resonance of the TFBG was 

calibrated in the temperature range from 34 °C to 50 °C, where 

a T-type thermocouple was used as a reference temperature 

sensor. As a result, the core mode’s temperature sensitivity of 

the TFBG is (7.05 ± 0.01)×10-6 °C-1. 

 
Fig. 1. The spectrum of a 10 mm – long TFBG with an 8° tilt angle; inset 
reports the core mode of TFBG (centered at 1550 nm). 

C. Fiber Bragg grating array 

For reference temperature measurements, the custom-made 

highly dense FBG array was fabricated with femtosecond point-

by-point writing technique in polyimide-coated single-mode 

fiber SM1500(9/125)P with a reduced coating diameter of 145 

μm (Fibercore Ltd., Southampton, UK). The array consists of 

40 FBGs uniformly positioned along the sensing length of 48 

mm (grating length is 1.15 mm, edge-to-edge distance is 0.05 

mm), the reflection coefficients of FBGs are about 10-20 %, 

which allows a high dynamic range (> 30 dB). Fig. 2 reports the 

reflected spectrum of the FBG array. 

FBG properties were optimized to provide high spatial 

resolution and a high-quality spectrum for accurate temperature 

measurements of high-gradient temperature profiles possible 

during LA [18]. In addition, polyimide coating allows high-

temperature measurements (> 400 °C for a short duration) [44]–

[46]. The temperature sensitivity of the array is (7.43 ± 

0.01)×10-6 °C-1. Detailed information about the fabrication and 

metrological aspects of the FBG array is provided in the 

previous works of the group [29], [46]. 

 
Fig. 2. Custom-made FBG array reflection spectrum: 40 FBG peaks at 
the range of 1460-1620 nm. 

D. RI calibration of TFBG sensor 

In order to analyze the effect of different RI on TFBG 

spectra, calibration of TFBG in different sucrose concentrations 

was performed. The sucrose solutions were used with a 

concentration range from 0 % to 60 % with a step of 6 % and 

corresponding to the RI range from 1.333 RIU to 1.4419 RIU 

(refractive index units), which is the typical range of RI for 

biological tissues [47], [48]. The different solutions were 

injected inside the container where the TFBG was placed. After 

each sucrose concentration, the TFBG and the container were 

rinsed with distilled water. Three calibration tests were 

performed. Fig. 3 illustrates the schematics of the experimental 

setup used for RI calibration. 

 
Fig. 3. Experimental setup for TFBG calibration using sucrose solutions 
with different concentrations in the range of 12 % - 60 % (1.333 RIU - 
1.4419 RIU, referenced at 589 nm). 

E. Laser ablation  

Interstitial LA experiments were performed on ex vivo 

healthy porcine liver tissue, which was obtained from a local 

farm. The initial temperature of the liver, corresponding to 22.0 

± 0.5 °C, was measured with a thermocouple before each 

experiment. 

The developed system consists of the laser diode and the 

Micron Optics interrogator, both connected to a computer 

where a custom-made LabVIEW program was used to start 
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laser ablation and perform monitoring of the FBG array and 

TFBG spectra. 

The diode laser (LuOcean Mini 4, Lumics, Berlin, Germany) 

working in continuous-wave mode at a 1064 nm wavelength 

and 2.6 W power was used for the thermal treatment. This 

wavelength belongs to the "therapeutic window" largely used 

for assuring the overall absorption of the laser light by the 

biological tissues, thus, entailing the temperature increase 

necessary for the thermal therapy [31].  Moreover, the program 

automatically switched off the laser after the preset time or if 

the temperature measured by the FBG array exceeded 300 °C. 

This operation is done for preserving the sensing fibers from 

thermal damage. 

The 400 μm laser guiding fiber with the commercial diffuser 

(Molex, Lisle, USA) at the tip was utilized to obtain uniform 

tissue damage around it. The diffuser has a low OH core, a 

diameter of 400 μm, and a length of 10 mm. It is worth noting 

that the diffuser leads to a decrease of spatial thermal gradients 

exposed to the TFBG with respect to a standard bare fiber 

applicator [30]. Thus, TFBG’s core mode shape changes are 

smaller and the possibility of the error in temperature 

reconstruction is minimized.  

Liver tissue was cut into two halves, then the applicator and 

the sensors were positioned on the surface of one half (Fig. 4); 

after they were covered with another half in a “sandwich” 

approach. This approach is largely used to accurately control 

the relative positions of the applicator and sensors within the 

biological tissues [24]. The TFBG sensor and the FBG array 

were placed parallel to the applicator at different sides; the 

distance from the sensors to the applicator was 2 mm. Indeed, 

being the liver tissue highly homogeneous, we assumed the 

spatial distribution of the laser-induced temperature to be 

symmetric on the application plane. 

F. Data analysis 

Cladding mode resonances analysis 

It is important to note that the standard approach of peak 

tracking of the cladding mode resonances is not effective for a 

wide range of RI [49]. Indeed, each mode is resonant and more 

sensitive to the specific range of RI, and its sensitivity decreases 

significantly for a high RI range. For a high RI range, the 

cladding mode resonance has to be visible for all RI values, 

hence positioned at low-order modes, at a higher wavelength (at 

about 1535 nm in Fig. 5), so such mode resonance is positioned 

far from the cut-off point and the overall RI sensitivity is low.  

Therefore, the envelope method, firstly proposed in [50], was 

utilized for the RI measurements. This method is based on the 

determination of the lower and upper envelope curves of the 

TFBG cladding mode resonances comb, and then evaluation of 

the normalized area A between the envelopes. As RI increases, 

more modes become lossy leading to cladding mode resonances 

decreasing and bringing together the lower and the upper 

envelopes. Thus, the normalized area decreases too. As a result, 

the normalized area evolution can be correlated to the RI 

changes [50]. Fig. 5 illustrates the main principle of this 

correlation: the cladding modes and the normalized area A are 

changed for RI increase from 1.3330 to 1.4416 RIU.  

 

 
Fig. 4. Experimental setup for LA ablation: TFBG sensor and FBG array 
were placed at a 2 mm distance from the applicator on one half of ex 
vivo porcine liver. After, the second half of liver covers sensors and 
applicator in a “sandwich” approach.  

 
Fig. 5. The cladding mode resonances comb of TFBG positioned in 
water (blue line, RI = 1.333 RIU) and in a 60 % sucrose solution (red 
line, RI = 1.4419 RIU); related normalized area A decreases from 1.00 
(reference value, RI = 1.333 RIU) to 0.1657 (RI=1.4419 RIU). 

 

Core mode: conventional peak tracking 

In our work, initially, the peak of the core mode is tracked 

with three conventional direct methods: maximum tracking, X-

dB Bandwidth, and centroid [51].  

For maximum tracking, the wavelength that corresponds to 

the maximum amplitude is detected as the core mode Bragg 

wavelength.  

For X-dB Bandwidth, the inner bandwidth is defined as X dB 

below the maximum value; then, the center of the inner 

bandwidth is measured as the Bragg wavelength.  

For the centroid method, the Bragg wavelength is estimated 

as the center of the mass of the FBG reflection spectrum 

according to the (1): 

𝜆𝐵,𝑒 =
∑ 𝜆𝑛×𝑅(𝜆𝑛)𝑛

∑ 𝑅(𝜆𝑛)𝑛
         (1) 

where index n sweeps the main portion of the core mode 

spectrum. 
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Core mode: reconstruction algorithm 

The algorithm used for TFBG temperature profile 

reconstruction is based on the CFBG reconstruction algorithm 

devised in our previous works [43], [52]. The main idea remains 

the same: the spectrum (of the TFBG, for this work) is modeled 

as a chain of FBGs using coupled mode theory [23], then the 

iterative approach is utilized to minimize the mismatch between 

the real measured TFBG spectrum and the TFBG model 

perturbated by Gaussian-shaped temperature profiles. 

Afterward, the temperature profile, which corresponds to the 

smallest mismatch, is defined as temperature along the TFBG.  

However, it is important to notice that the CFBG spectra 

described in [43], [52] have higher amplitude and bandwidth 

than TFBG. Indeed, Fig.1 zoom-in reports that the measured 

core mode of TFBG (yellow line) has approximately 1 nm 

bandwidth and several dBm from the peak to the base. As a 

result, temperature reconstruction for TFBG is more 

challenging than for CFBG.  

In this regard, we propose to optimize the method reported in 

[43] by iterative optimization of the bandwidth of the core mode 

for spectrum modeling. In other words, the edges of the 

modeled spectrum are not defined manually according to the 

measured spectrum but automatically adjusted, to minimize the 

difference between the measured spectrum and the modeled 

one. Fig. 6 illustrates the obtained results for spectrum 

modeling and related measured spectrum. After this bandwidth 

optimization, the remaining steps follow the same approach as 

in the CFBG reconstruction algorithm discussed in detail in 

[43]. The results of TFBG profile reconstruction were 

compared with FBG array data and TFBG core mode tracking 

using root-mean-square error (RMSE). 

 
Fig. 6. TFBG core mode spectra: modeled before optimization (blue 
line), after optimization (red line), and normalized TFBG core mode 
measured with MicronOptics si255 (yellow line). 

III. RESULTS 

A. Calibration of TFBG sensor for different RI  

The TFBG spectra for different sucrose concentrations from 

0 % to 60 % (1.333 RIU to 1.4419 RIU) are reported in Fig. 7. 

As it can be clearly seen, the shape of the spectrum is 

significantly changed: the cut-off region starts approximately at 

1530 nm for 60 % sucrose concentration and the high-order 

modes become lossy. The obtained RI calibration results using 

the envelope method (the normalized area was measured in the 

spectral region between 1470 nm and 1547 nm) are in 

accordance with the results in [50] (Fig. 8), in which TFBGs 

with different tilt angles were calibrated for surrounding RI 

sensing. 

 
Fig. 7. TFBG spectra for different sucrose concentrations and related RI 
values (measured at room temperature). 

 
Fig. 8. Calibration of RI sensing with envelope method: average results 
of three calibration experiments (blue line with X marker). The obtained 
data is in accordance with Laffonet et al. [50], in which RI calibration of 
different TFBGs was performed. 

B. Analysis of the cladding mode resonances during LA 

Fig. 9 top illustrates TFBG spectra changes during LA of ex 

vivo liver at different time instants: before the start of ablation 

(t=0 s), after 90 s, and at the moment when the laser was 

switched off (t=180 s). Both the amplitude of the cladding mode 

resonances and the upper and lower envelopes of the spectra 

change during LA. The normalized area between two envelopes 

(left y-axis) and related temperature changes measured by the 

FBG array (right y-axis) are presented in Fig. 9 bottom. As can 

be seen, the trend of temperature evolution can be 

approximately correlated with the changes in the normalized 

area (Fig. 9 bottom). Thus, ideally, we expect to obtain 

information about the maximum temperature from the 

minimum value of the normalized area. Moreover, after 
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complete cooling, the normalized area is expected to be 

correlated with the RI change of the ablated tissue. 

However, the results show that the repeatability of the 

experimental trials is low. As a result, it is very challenging to 

obtain useful information about temperature and RI changes 

from the cladding comb analysis. For instance, Fig. 10 reports 

the relation between maximum temperature measured by TFBG 

(using maximum peak tracking) and the related minimum value 

of the normalized area for each of 25 experimental trials. As 

expected, higher temperature leads to a smaller area between 

envelopes. Indeed, Fig. 10 shows that for the experiments with 

low maximum temperatures (~ 26 °C) the related normalized 

area is very close to 1 because there is no significant shift and 

amplitudes decrease of the cladding mode resonances. 

However, due to the high value or RMSE between the fitting 

and the measured data (RMSE = 0.148), the temperature cannot 

be accurately correlated with the normalized area (Fig. 10).  

Moreover, due to the high effect of temperature on the 

cladding comb, RI changes of the tissues after LA are 

challenging to measure too. The possible reasons for the low 

efficacy of cladding comb analysis during LA are provided in 

the discussion section. 

 
Fig. 9. (top) TFBG spectra measured during LA of ex vivo porcine liver 
at different time instances: before the laser ablation at t=0 s (blue color); 
at t – 90 s (red color), and when laser was switched off t=180 s. 
Amplitude changes of spectra, and related shape changes, can be seen. 
(bottom) Normalized area evolution (left y-axis) and temperature change 
measured by FBG array (right y-axis) during LA experiment. 

C. Analysis of the core mode during LA 

Fig. 11 top reports temperature evolution measured by the 

FBG array during one experiment. The maximum temperature 

reached after 180 s of ablation is 105.2 °C. At the same moment, 

the TFBG core mode shows 80.9 °C measured by maximum 

peak tracking, 69.5 °C by X-dB Bandwidth, and 64.3 °C by the 

centroid method. The RMSE between maximum temperatures 

measured by FBG array and TFBG (maximum peak tracking) 

is 18.31 °C.  
 

 
Fig. 10. Relation between maximum temperature measured by TFBG 
(using maximum peak tracking) and related minimum value of 
normalized area for each of 25 experimental trials. RMSE between data 
and fitting is 0.148. 
 

 
Fig. 11. (top) FBG array temperature for 40 gratings during laser 
ablation; (bottom) temperature reconstructed using analysis of core 
mode with direct peak-tracking techniques: maximum, X-dB Bandwidth 
(where X is -5 dB), centroid. 
 

Fig. 12 and 13 report the results of the temperature profile 

along the TFBG using the proposed algorithm. Fig.12 shows 

the temperature measured by the FBG array (dashed line) and 

temperature reconstructed along the TFBG (solid line) at 

different time moments. For this figure, to clearly illustrate the 

algorithm’s ability to reconstruct profile trends, TFBG 

temperature was normalized to the maximum temperature 

measured by the FBG array. Fig. 13 reports temperature 

evolution for both sensors during laser ablation of the tissue. 

The RMSE between the FBG array and TFBG measurements 

for three experiments is 7.8±1.7 °C. 
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Fig. 12. Measurements during LA experiment at different time instants: 
dashed lines – FBG array temperature measurements, solid lines – 
reconstructed TFBG temperature profiles (normalized). 

 

 
Fig. 13. Measurements during LA experiments: (a) FBG array; (b) TFBG 
temperature obtained by the proposed algorithm. The RMSE between 
FBG array and TFBG profile measurements for three experiments is 
7.8±1.7 °C. 

IV. DISCUSSION 

In general, the initial hypothesis was to obtain information 

about the RI of the ablated tissue using the cladding mode 

resonance tracking, while the temperature effect on the cladding 

mode resonances is compensated by temperature measured by 

the core mode tracking. However, the experiments showed that 

the cladding comb changed significantly during LA (high 

wavelength shift and appearance of leaky modes). Thus, the 

cladding resonances tracking was not possible. Indeed, it is in 

agreement with [50]: distinct temperature sensitivity of 

cladding modes leads not only to the shift of the cladding mode 

resonances, but to the change of the shape of the TFBG 

spectrum under temperature elevation. Thus, the envelope 

method was utilized to measure the area between upper and 

lower envelopes of the TFBG cladding resonances comb during 

LA. 

However, the results show that temperature and RI 

information is not possible to accurately measure by the 

cladding comb analysis. The possible reasons can be 

inhomogeneity and structure of the tissue that does not allow 

ideal contact between the sensor surface and the tissue, the 

change of the TFBG surface after each experiment (even 

considering that TFBG was cleaned after each trial). Moreover, 

bending, strain, and humidity also have a cross-sensitivity 

effect on the shape of the TFBG spectrum [32], which makes 

RI measurements using the envelope method even more 

challenging. 

As a result, we conclude that the main sensing modality of 

TFBG is temperature measurements based on the core mode 

analysis. The resulted RMSE of 7.8±1.7 °C between TFBG 

profile reconstruction and FBG reference measurements can be 

mostly explained by the positioning of the sensors on the 

opposite sides of the diffuser and the high thermal gradients 

associated with LA. For future characterization of TFBG 

temperature measurements, the reference sensor and FBG 

should have the same exact placing, preferably in capillary or 

tubing to eliminate cross-sensitivity effects from other intra-

tissue parameters. 

The TFBG temperature sensor analyzed by conventional 

methods has several disadvantages over Rayleigh-based 

distributed sensing and FBG measurements: one-point 

measurement, averaging over the TFBG length (~ 1 cm), 

fragility (TFBG usually does not have a coating to allow 

coupling with leaky modes). However, a TFBG can be used as 

a sensor and a heat source, as proposed in a recent study [4]. In 

this regard, sensing modalities and capabilities of TFBG during 

LA need to be analyzed in detail, and this work can be 

considered a step toward such analysis. 

V. CONCLUSION 

In this work, we have implemented a temperature profile 

reconstruction algorithm for TFBG and validated it during LA in 

ex vivo liver. The algorithm is based on modeling the TFBG core 

mode as a chain of FBGs, each sensitive to a local temperature 

shift. Afterward, the iterative optimization method is used to 

define the temperature profile along the TFBG. The obtained 

results were compared with direct peak-tracking techniques 

(maximum tracking, X-dB Bandwidth, centroid methods) used to 

measure the core mode shift of TFBG, and with FBG array 

measurements. In addition, the cladding mode resonances 

behavior for different sucrose concentrations, and then during LA 

was investigated. In general, the proposed reconstruction 

algorithm provides 7.8±1.7 °C RMS error with respect to the 

FBG array temperature measurements and can be effective for 

real-time TFBG temperature profile measurements during LA 

ablation.  
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