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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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