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Abstract
With fast recovery time and effective in situ tumor tissue killing ability, thermal
ablation has become a popular treatment for tumors compared with chemother-
apy and radiation. The thermal dose measurement of current technology is
usually accompanied by monitoring a large area impedance across two abla-
tion catheters and the localized impedance measurement is difficult to achieve.
In this work, thermal-resistive sensor and impedance sensor are fabricated on
the curved surface of a capillary tube with 1 mm outer diameter. The device is
applied for real-time in situ tissue impedance monitoring during thermal abla-
tion. The calibrated thermal-resistive sensors have an average temperature coef-
ficient of resistance (TCR) of 0.00161 ± 5.9% ◦C-1 with an accuracy of ±0.7 ◦C.
By adding electro-polymerized PEDOT:PSS (poly(3,4-ethylenedioxythiophene)-
poly(styrenesulfonate)) on the 300 µm diameter gold electrodes, the interface
impedance reduces two orders from 408 to 3.7 kΩ at 100Hz. The Randles equiva-
lent circuit model fittings show a two-order improvement in the electrode capac-
itance from 7.29 to 753 nF. In the ex vivo porcine liver laser ablation test, the
temperature of the porcine liver tissue can reach 70◦C and the impedance would
drop by 50% in less than 5 minutes. The integration of laser ablation fiber with
the impedance and temperature sensors can further expand the laser ablation
technique to smaller scale and for precise therapeutics.
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1 INTRODUCTION

Thermal ablation is one of the most popular minimal
invasive treatment options for cancers. By focusing on the
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temperature change in a specific zone around the tumor
tissue, thermal ablation can damage tissues by extreme
hyperthermia or hypothermia. The destructions of the
cells are due to the denaturing of proteins, the lysis of
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the cell membrane; hence the nutrient supplies of the
cells would be cut off.[1–2] For patients with small lesions
or fibroadenoma (2-3 cm), less risky thermal ablation is
preferred instead of traumatic open surgery.[3–4] Patients
will recover faster from minimal invasive surgery, and the
cost of post-surgical care will be lowered. The process of
thermal ablation is usually guided by computed tomog-
raphy or ultrasound to locate the lesions cite while the
ablation temperature is closely monitored by a separate
thermocouple.[5] Although body tissues have different
thermal tolerance,[6] at temperature below -40◦C or
in excess of 60◦C, most cell types will have complete
necrosis.[7] In clinical surgery practice, the thermal
ablation performance of the target zone will be, however,
hindered by the presence of vessels nearbywhere the blood
flow would induce a significant heat sinking effect. Ves-
sels larger than 3 mm can potentially lead to incomplete
tumor destruction by RF ablation.[8] As a result, precise
temperature control and monitor in a small specific local
area will be a merit for thermal ablation surgery.
Besides the increases of temperature, the electrical con-

ductivity of the ablation site, due to cell lysis and enhance-
ment of ion mobility, would also increase and should
be monitored in real-time. To date, biopsy is the com-
monly used method for identifying tissue morphology
and cell characteristics and it involves several prepara-
tion procedures. However, it still has a certain chance
of getting false-negative results.[9–10] It would be a sig-
nificant advantage if the electrical conductance of the
tissues under ablation can be measured continuously in
real time so that the clinicians would know when to
stop the ablation for biopsy tests. It provides an imme-
diate evaluation of the tissue condition and can provide
information for the follow-up analysis. One way to eval-
uate the conductance of these tissues is to measure the
bioimpedance of the samples under a range of a.c. fre-
quency, and it is known as the bioimpedance spectroscopy
(BIS). There are extensive studies in the dielectric proper-
ties of biological tissues,[11–17] which shows the variation
of impedance response from different tissue structure. BIS
technique is widely used for the advantage of fast response,
label-free, low-cost, real-time measurement capabilities,
etc.[18] This technique had been applied in multiple fields
such as differentiating cancerous and normal tissues
or cells,[14,16,19–23] tissue healing monitoring,[24–25] bone
osteoporosis monitoring,[26] agricultural quality,[27] elec-
trical impedance tomography,[15,28] cardiography.[29–31] A
lot of recent works integrate bioimpedance measurement
with biopsy needle to acquire electrical information at the
tip of the needle.[21,32–36]
In the current work, we demonstrate a new probe with

a capability of both real-time thermal monitoring and
real-time impedance monitoring during thermal ablation.

Instead of using a metal needle, we used a capillary glass
tube with 1 mm outer diameter. Capillary glass tube has
advantages over the metal needle for its transmittance of
light. Unique ablation technique such as laser ablation
involves transmitting high energy laser to the target site
via a glass fiber. The laser light is distributed isotopically
around the applicator tip to generate rapid heating. The
laser integrated capillary device can heat up the tissue to
70 ◦C within 5 minutes and, at the same time, measure
the temperature and impedance change during the heating
process. Through direct photolithography patterning on
capillary glass tube, we have achieved an Au temperature
sensor with a width of 10 µm on the tissue impedance sen-
sors, and 300 nm of PEDOT:PSS layer is electropolymer-
ized onto the Au microelectrode surface to further reduce
the interface impedance. The whole device is connected to
a micro-USB port on a printed circuit board (PCB), and all
signals are collected via the micro-USB. This easy-to-use,
low-cost, plug-and-play ablation sensor probe can poten-
tially broaden the applications of thermal ablation on pre-
cision therapeutics.

2 RESULTS AND DISCUSSION

Figure 1 shows the detailed structural schematic of the
Bio-impedance and temperature sensing probe. The PCB
was designed to channel the electrical signal between
the sensors and the electrochemical workstation via the
micro-USB jack and the electrical signals were collected
via the four independent channels. The total length of
the capillary tube is 40 mm, and the maximum insertion
depth of this probe is 22.5 mm. Two circular electrodes,
with 300 µm diameter each, were patterned 3 mm apart
for the impedance measurement while the Au thermal-
resistive coil (thermistor) is sandwiched between the
bio-impedance electrodes. The thermistor has a line width
of 10 µm, and the total length of the coil is about 27 mm
long. Longer coil length increases the total resistance
and provide a larger resistance change as temperature
varies. This can improve the signal to noise ratio.[37] The
total length of the temperature sensor is 2.5 mm, and
the temperature measured would be an averaged temper-
ature across the length of the sensor. Compared with the
works using a co-axial design of the biopsy needle, our
work provides more flexible customization of electrode
patterns because the whole probe surface can be used
for accommodation of multiple electrode patterns. The
diameter of the probe in this work is 1 mm, and it is around
20% smaller than the reported diameter of the coaxial BIS
modified biopsy probe.[35] The smaller probe dimension
allows a more effective use of the instrument and saves
room for further functionalization, which is an important
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F IGURE 1 Detailed structural schematic of the Bio-impedance and temperature sensing probe. A, Overview of the sensing probe
connected with a tailor-made printed circuit board (PCB) using micro-USB jack for data collection. B, Schematic showing the connection
between the sensing probe and the PCB using copper wire and silver paste. C, Schematic of the tip of the sensing probe. D, Image of the
probe-PCB connection. E, Image of the tip of the sensing probe. F, Microscopic image showing the PEDOT:PSS coated micro electrode. G,
Microscopic image showing the line width of the thermal-resistive temperature sensor

consideration for the clinical application. Previously,
researchers have also demonstrated patterning of elec-
trodes on the needle surface for direct impedance
measurements. Jun et al. have applied interdigitated
electrodes for the real-time impedance measurement of
porcine muscle and fat tissues.[21,32–33] Park et al. adhered
multiple metal strips on a biopsy needle surface for four
electrodes measurement of the impedance of mouse
liver[34] and utilized heat shrink tube for encapsulation.
Although the heat shrink tube is durable and robust, it is
difficult to define the electrode area precisely and leads
to variations among devices in mass production. Here, we
use parylene-SR as the encapsulation layer because of its
excellent chemical resistance. The thin parylene-SR coat-
ing (500 nm) is highly conformal and allowsmeasurement
under different bio-medium without leakage. Figure 2
shows an exploded view of the probe. To improve the
durability of the passivation layer, surface treatment with
a silane primer 3-(Trimethoxysilyl)-propyl methacrylate
was implemented before the parylene-SR deposition.
This adhesion promotor forms covalent bonding between
parylene molecules and glass; hence, the parylene coating
is difficult to wear off.
As the substrate of the device is a capillary glass tube,

photoresists will be difficult to be applied by spin-coating.

F IGURE 2 Exploded view of the probe. The top diagram
shows the completed probe illustration. The lower diagram shows
the exploded view which reveal the composition of the probe: glass
capillary tube, Cr/Au electrode pattern, PEDOT:PSS and parylene
passivation layer
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F IGURE 3 Overall fabrication process of the probe. A, Photoresist application on the glass capillary tube by dip-coating. B, Alignment of
the photomask with the tube for UV exposure. C, Development of the photoresist pattern. D, Deposition of Cr/Au by thermal evaporation. E,
Lift-off process to remove non-pattered metal. F, Vapor deposition of parylene for encapsulation. G, Photoresist application by dip-coating for
patterning the area to expose the working electrodes. H, Mask alignment and UV exposure process. I, After resist development, the sample
underwent reactive ion etching to expose the working areas. J, Microscopic image of the capillary device after step c. K, Microscopic image of
the device after step e. L, Microscopic image of the device after electropolymerization of PEDOT:PSS

Here dip-coating is employed to provide a uniform film.
Details of the dip-coating setup are illustrated in Figure
S1. It was modified from a syringe pump. A 3d printed
holder was attached to the moving plate to hold the sam-
ple for dipping. It can achieve a constant pulling and
insertion speed of around 800 μms-1. The thickness of the
coated resist film after developing was observed to be 2.1
to 2.6 µm thick under the scanning electron microscope,
as shown in Figure S2. As a flat photomask was used
on cylindrical substrates, features further away from the
long axis will be difficult to pattern. It is because light
diffraction will happen on areas that are further away from
the photomask. The electrode patterns were designed to
have a total width of 640 µm around the long axis, which
the light diffraction is still tolerable for the patterning of
small features down to 10 µm. The complete fabrication
process of the device is shown in Figure 3A to I. NLOF
2020 negative photoresist was used in the lithography pro-
cess for patterning the electrodes. After the deposition of
50/5 nm Au/Cr metal, non-patterned metal was lift-off
by dimethyl sulfoxide (DMSO). After the parylene encap-
sulation, a positive photoresist was used as a sacrificial
layer for reactive ion etching (RIE) to expose the working
electrode.
The dimensions of the impedance measurement elec-

trodes are designed after considering the effective field
coverage volume simulated by the finite element analysis

(COMSOLMultiphysics v.5.3). The significant volume was
estimated using the current density magnitude J (Am-2)
with a cutoff value of 0.1 Am-2. Any current density lower
than that was considered to have no contribution to the
measurement of the total impedance. Figure S3 shows the
side view and the front view of the current density dis-
tribution. The approximated significant volume is about
0.0363 cm3, while the tumor sizes are often measured in
centimeters scale.[38] For a 1 cm diameter spherical tumor,
the volume is 0.52 cm3, and the effectivemeasurement vol-
ume of our impedance sensor is only 7% of the total vol-
ume. It confirms the impedance information measured by
our probe is highly localized. It is important to mention
that thermal ablation usually requires ablating an addi-
tional 5-10 mm thick margin of normal tissue surround-
ing the tumor to ensure there are no tumor cells left. The
300 µm diameter electrodes adapted here can ensure the
impedance measurement is localized and for precise con-
trol of the ablation process.
When the polarizable electrodes like Au are immersed

into the electrolyte, an electrical double layer will form at
the electrode-electrolyte interface. This layer will insert a
capacitive component to the impedance system, which can
be described by Gouy-Chapman-Stern (GCS) model.[39]
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F IGURE 4 Impedance characterization of microelectrodes. A, Randles equivalent circuit using ideal capacitor component for
PEDOT:PSS coated gold electrode. B, Randles equivalent circuit using constant phase element for bare gold electrode. C, Nyquist plot of
measured and fitted impedance data. Inset pictures show the microscopic image before and after the electro polymerization of PEDOT:PSS. D,
Bode impedance magnitude plot. E, Bode impedance phase difference plot

where Cd is the resultant double layer capacitance, CH is
the capacitance of the charge accumulated at the outer
Helmholtz plane, CD is the capacitance of the diffusing
charge. The total current passing through the working
interface is the sum of both non-faradaic and faradaic
double layer charging current. The non-faradaic current
describes current passage by charge displacement, which
can be represented by a capacitor. In comparison, faradaic
current describes the passage of charges from the electrode
surface to the bulk solution, which is usuallymodeledwith
a Warburg resistance in series with a charge transfer resis-
tance. The Warburg resistance is a nonideal circuit ele-
ment which can be used to describe the resistance of mass
transfer, and it will change with frequency. Figure 4A and
B are Randles equivalent circuit to simulate the electri-
cal response of the double layer interface. When electrode
size is small, the charge storage capacity on the electrode
surface is reduced; hence, the double layer capacitance
becomes small and reduces both non-faraday and faraday
current passage. The small electrodes would lead to high
impedance, especially at the low frequency range, which
would significantly deteriorate the information at low fre-
quency.
In order to reduce electrode impedance without enlarg-

ing actual electrode size, here, we use electropolymeriza-
tion to deposit conductive polymer PEDOT:PSS onto the

exposed working electrodes and the PEDOT:PSS can cre-
ate a rough surface, which increases the effective area of
the working electrodes. The use of PEDOT:PSS to lower
electrode impedance has been used in other fields such
as neural signal measurement[40–43] for improving signal
to noise ratio. In the electropolymerizing process, a gal-
vanostatic current supply with current density 5 μAmm-2

was supplied to the working electrode against a platinum
counter electrode for 150 seconds. The optical image and
impedance measurement of the bare gold and after the
PEDOT:PSS deposition (Au/PEDOT:PSS) are shown in
Figure 4C-E. For the case of Au/PEDOT:PSS, a Randles
equivalent circuit in Figure 4A was used to fit the data,
while for the case of the bare gold electrode (Au), the equiv-
alent circuit in Figure 4B was used instead, where Rs is the
solution resistance, Rct is the charge transfer resistance,
W is the Warburg resistance, and Cd is the double layer
capacitance.[44–46] The only difference between the two
circuits is replacement of the capacitor Cd with a constant
phase element (CPE),Qd. CPE is a component usually used
to model the behavior of an imperfect capacitor, which
happens in systems like rough electrode surfaces,[47] inho-
mogeneous reaction rates on a surface[48], or nonuniform
current distribution.[49] In the case of bare gold micro-
electrode on a curved surface, the current distribution is
nonuniform, and the measured data is difficult to fit with
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TABLE 1 Equivalent circuit model fitting parameters

Rs (Ω) Cd (nF) Qo (nSsn) n W (Ss1/2) Rct (MΩ)
Au 2792 - 7.29 0.90 2.17e-15 24.82
Au/PEDOT:PSS 2949 753.80 - - 4.25e-8 3.46

a normal capacitor component but can fits well with CPE.
The CPE component is defined by:

1

𝑍
= 𝑄𝑑(𝑗𝜔)

𝑛 (2)

where Qd has the numerical value of the admittance (1/
|Z|) at ω =1 rad s-1 and 0<n<1. When n is close to 1, it
resembles a capacitor. As Qd does not have the same unit
as a capacitor, they cannot be directly compared unless
the value of n is large enough (n > 0.8). The bode plots
show the magnitude and phase difference of the mea-
sured impedance, while the Nyquist plot shows the real
and imaginary part of the impedance. Themeasured range
of frequency was from 1 to 100 kHz. Figure 4D shows
that the overall impedance decreased after the deposition
of PEDOT:PSS. At 100 Hz, the impedance decreased by
99% from 408 kΩ to 3.7 kΩ. From the phase difference
plot, the system is mostly capacitive from 1 to 10 kHz for
bare gold electrode. After PEDOT:PSS deposition, the sys-
tembecame less capacitive. The phase difference remained
under 20◦ when the frequency was lower than 100 Hz.
Note that at 1 Hz, the phase difference of the bare gold
electrode cannot reach the same value as Au/PEDOT:PSS
(88◦) but saturated at the value of 80◦. This implies that
the Au/PEDOT:PSS electrode is closer to an ideal capac-
itor than a bare gold electrode. This lowered phase shift
characteristic was describedwith the CPE component. The
closer to ideal capacitor properties of the Au/PEDOT:PSS
electrode can be further confirmed from the Nyquist plot
in Figure 4C. The Au/PEDOT:PSS formed a linear curve
that was more perpendicular to the x-axis, which sug-
gested the Au/PEDOT:PSS electrode behaves closer to an
ideal capacitor than the bare gold electrode. Table 1 shows
the physical parameters resolved from the equivalent cir-
cuit model fitting. The double layer capacitance increased
about 100 times from 7.29 to 753 nF. The polymerization
charge employed in this work is 75 mCcm-2, and it is simi-
lar to the value reported before.[50] The reduction of charge
transfer resistance (from24.82 to 3.46MΩ) and the increase
in the Warburg coefficient (2.17×10-15 Ss1/2 to 4.25×10-8
Ss1/2) are results of facilitated charge transfer and mass
transfer reaction.[43,51] The PEDOT:PSS deposition time
will affect the thickness of the PEDOT:PSS formation and
further reduce the interface impedance. A comparison of
different deposition time with electrode impedance was
shown in Figure S4. A longer polymerization time reduces

the electrode impedance at the low-frequency region, and
the electrode became less capacitive.
Calibration is needed for the evaluation of the tempera-

ture coefficient of resistance of the Au thin film coil tem-
perature sensor. The relationship between the change of
resistance and change of temperature is linear over a wide
range of temperature and is described by the temperature
coefficient of resistance (TCR), α[37]

𝛼 =
Δ𝑅∕𝑅0
Δ𝑇

(3)

where 𝑅0 is the initial resistance at room temperature,
Δ𝑅 is the change of coil resistance, and Δ𝑇 is the tem-
perature change measured from thermocouple. The TCR
is calibrated experimentally by measuring the change of
resistance of the thermal sensor against a commercial
thermocouple. Δ𝑅∕𝑅0 is plotted against temperature to
show the correlation. During the temperature sensor
calibration, the probe was immersed into a beaker of
deionized water together with a thermocouple. A hotplate
was used to heat up the water from room temperature to
about 65◦C.When the thermocouple reading reaches 65◦C,
the hotplate was switched off and the beaker of water was
cooled down at room temperature. A d.c. 0.5 V is supplied
to the temperature sensing module, and the resistance
change of the coil pattern was continuously measured at a
sampling rate of 2 Hz. The whole process lasted for 1 hour,
and the resistance change follows the change of temper-
ature, as shown in Figure 5A. The value of α is given by
the slope of Figure 5B. The data can be fitted with a linear
equation with a Pearson’s R value of 0.99965 and the TCR
value is 0.00161±5.9% ◦C-1. The error came from device-
to-device variation (n = 5). The standard deviation of the
temperature measurement is about ±0.7 ◦C (n = 120).
As the impedancemeasurement electrodes and the tem-

perature sensor are integrated onto the probe together, it
is important to avoid crosstalk between them. Herein, a
40-channel solid-state multiplexer was used to control and
turn on the electrodes used for impedance sensing or tem-
perature sensing, while the others are kept as an open
circuit. For the temperature sensing channel, a potential-
static 0.5 V d.c. bias is applied, while for the impedance
measuring channel, a potential-static 10mV rms a.c. bias at
1000 Hz was used. Figure 5C shows the resistance change
of the temperature sensor with a color legendmapping the
corresponding converted temperature using the TCR value
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F IGURE 5 Calibration of the bio-impedance and temperature sensing probe. A, A comparison between the change of normalized coil
resistance and the change of thermocouple reading. B, Plot of Δ𝑅∕𝑅0 against temperature measured from thermocouple. The slope is 0.00178
which represents the temperature coefficient of resistance α. Pearson’s R = 0.99965. The linear equation is given as y=0.00178x+0.9515. C,
Resistance change of the temperature sensing coil in PBS. The corresponding temperature is shown with a color mapping using the calibrated
curve in b. D, Change of solution impedance as PBS solution was heated and cooled measured at 1000 Hz

obtained from Figure 5B. Simultaneously, the impedance
change of the PBS solution at 1 kHz was recorded in Fig-
ure 5D. The conductivity of the PBS solution increased
when the solution temperature increased, which is due
to the increase of the ion mobility in the PBS solution.
When the temperature returns gradually to room tem-
perature, the conductivity of the PBS solution decreases.
The change of conductivity of electrolyte with tempera-
ture can be described by the temperature coefficient of
variation θ:

𝜃 =
(𝜅𝑇2 − 𝜅𝑇1) ⋅ 100

(𝑇2 − 𝑇1) ⋅ 𝜅𝑇1
(4)

where 𝜅T2 is the conductivity at temperature T2 while 𝜅T1
is the conductivity at temperature T1. The experimentally
measured θ value from 27◦C to 37◦C is 1.4% ◦C-1. The com-
mon temperature coefficient of variation of electrolyte is
ranged from 1% to 3% ◦C-1.[52] The impedance of the PBS
solution did not return to its initial value because of the
evaporation of water during the heating process, and the
concentration of the solution was higher than its initial
state. The demonstration of the real-time impedance and
temperature measurements suggests the probe is ready for
the ex vivo thermal ablation testing.
The laser ablation utilized high energy, coherent and

monochromatic infrared laser light source to induce local-
ized heating on the tissues. As the light can transmit over
a long distance in glass fiber with little energy loss, it can
be integrated with the endoscope for minimally invasive
surgery applications.When laser light is pointed to the bio-

logical tissue, scattering and absorption will occur,[53] and
the laser-induced thermal therapy (LITT) actually involves
the study of radiative transport considering the absorption
and scattering coefficient of tissues.[54] Usually, the biolog-
ical tissues are considered as turbid media, and the effec-
tive transport scattering coefficient is much larger than
the absorption coefficient. As a result, the light can pen-
etrate tissue at a certain depth. For the near-infrared radia-
tion utilized here, the penetration depth can reach around
10 mm.[55] Studies had also shown that a higher tem-
perature would facilitate light attenuation and local heat
generation.[56–57]
The light source used is neodymium-doped yttrium

aluminum garnet (Nd:YAG) emits at a wavelength of
1064 nm. Figure 6A shows a 200 µm diameter glass fiber
inserted through our impedance and temperature sen-
sors developed capillary tube. The integrated probe was
inserted into porcine liver samples cut with an average vol-
ume of 4 cm3. Figure 6B shows the insertion setup and the
fixation of the laser fiber with a removable adhesive. The
output power of the laser was adjusted to 2 W, the ablation
period is 3 minutes. The laser-ablated porcine liver and
the cross-sectional images are shown in Figure 7A. One
can notice that the laser ablated area was circular in shape
with 1cm diameter. The tissue color has changed to pale
pink. The temperature change of the tissue sample was
reflected by the resistance change of the device, which
was measured and shown in Figure 7B. The real-time
impedance response of the porcine liver was in Figure 7C.
It can be noticed that once the ablation was started, the
sample temperature increased rapidly from 27◦C to about
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F IGURE 6 Ex vivo porcine liver sample testing setup. A,
Overall view showing insertion of glass fiber into the capillary tube
and a white light propagated to the glass fiber tip for illustration. B,
Insertion of the capillary probe into a piece of porcine liver tissue

75◦C in less than 5 minutes. At the same time, the tissue
impedance drops over 50%due to elevated ionmobility and
saturates before the temperature reaches the highest point.
When the temperature reaches the highest value, a sudden
increase in impedance was recorded, which is three to five
times higher than the original impedance. This is due to
the fact that tissue dehydration and vaporization followed
by carbonization and charring. This rapid dehydration
would lead to a significant drop in conductance, which
has been reported as “popping” in radiofrequency ablation
of liver tissues.[58–60] A popping sound can be heard due to
explosive tissue abruption when fluids vaporize inside the
tissue and build up an intra-tissue pressure. After the laser
power was switched off, the intracellular fluid surround-
ing the ablation site will diffuse back to the measurement
area, and thus the conductance increased again. It is also
noteworthy to point out that since no cooling system nor
blood circulation is present in our ex vivo test, the heating
on the applicator tip cannot be well dispersed and thus
causes overshooting of the temperature. When the sam-
ples returned to room temperature, the final impedance
reading is slightly higher than the initial value before the
ablation, and it is also due to the loss of tissue fluids by
vaporization of water during laser ablation. Dehydrated
tissue has a lower conductivity then pristine tissue.

3 CONCLUSION

In this study, we have successfully fabricated a tempera-
ture sensor and impedance sensor on a capillary tube as

F IGURE 7 In situ measurement of temperature and
impedance of porcine liver tissue during laser ablation. A,
Cross-sectional image of the ablation zone of the porcine liver
sample after the laser ablation. B, Resistance measurement of the
temperature sensing module with temperature color mapping. C,
Impedance measurement of porcine liver tissue during the laser
ablation. D, Image showing the glass fiber insertion through the
capillary tube and transmitting a visible laser light

a real time monitoring tool for the thermal ablation. The
electrodes impedance was lowered by a layer of electro-
polymerization of PEDOT:PSS. Using a multiplexer
switching mechanism, real-time in situ measurement of
temperature and impedance measurement is feasible.
This probe is further integrated with a thermal ablation
fiber to perform in situ temperature and tissue impedance
monitoring during laser-induce thermal treatment on
porcine liver. The probe can provide highly localized
electrical and thermal information on the biological
tissues or organs, which cannot easily be achieved by
the conventional characterization tools. The low cost of
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fabrication and user-friendly design offers great potential
in clinical testing and mass production.

4 EXPERIMENTAL SECTION

4.1 Materials

The designed printed circuit boards were ordered from
JiaLiChuang (HongKong) Co., Limited (JLCPCB). All the
chemicals were purchased from Sigma-Aldrich and used
as received.

4.2 Fabrication of temperature and
impedance sensors on capillary tube
surface

Lithography procedures and treatment are adopted and
modified from X. D, Ji et al.[61] and A. H. Y. Lau et al.[37]
40 mm segment of glass capillary tube were trimmed and
attached on a 7mm× 13mm glass slide using double-sided
tape after cleaning procedures. The capillary tubes under-
went UV Ozone treatment for 5 minutes to increase the
surface energy. At 120◦C, a hexamethyldisilazane (HMDS)
self-assembled monolayer (SAM) was deposited in vapor
phase for promoting photoresist adhesion on the capil-
lary tube surface. The capillary tubes were slowly dipped
into and withdrawn from NLOF 2020 negative photore-
sist at about 800 μms-1. Due to capillary effect, photore-
sist will be drawn into the capillary tube. Kim wipes were
used to slowly absorb out the photoresist from the tube.
After prebaking at 110 ◦C for 1 minute, the samples were
aligned and exposed under 365 nmUV light for a dosage of
66 mJcm-2 followed by post exposure baking at 110 ◦C for
1 minute. Resist pattern was developed in 2.38 wt% TMAH
for 30 -40 seconds. 50 nm of gold (Au) was deposited
by thermal evaporation using 5 nm chromium (Cr) as an
adhesion layer. The photoresist sacrificial layer together
with the metals on top were lift-off by 80 ◦C DMSO. The
samples were then immersed into an adhesion promoter
(0.5% volume ratio 3-(Trimethoxysilyl)-propyl methacry-
late (C10H20O5Si) in 1:1 mixture of DI water and IPA) for
20 minutes. After drying in ambient air for 20 minutes,
the samples were rinsed with IPA to remove excessive
molecules. The samples then underwent a physical vapor
deposition of Parylene-SR. Similar photolithograph tech-
niques followed to pattern the passivation layer except the
resist was replacedwith dilutedAZ9260 positive resist (10 g
AZ9260 + 5.5 g PGMEA), the pre-baking time was set as
1.5 minute and the UV exposure dosage was 450 mJcm-2.
The exposed parylene-SR was etched away by RIE using
O2 gas. The fabrication steps were summarized in Figure 3.

The finished devices were connected to the PCB board
using a 50-µm-diameter copper wire. At the device end, the
copper wire was connected by conductive silver paste and
dried for 1 hour. At the PCB board end, the copper wire was
soldered.

4.3 Electro-polymerization of
PEDOT:PSS

The procedure and solution recipe was adopted from
Ricardo Starbird and Wolfgang Bauhofer.[62] 10 mmol
L-1 3,4-ethylenedioxythiophene (EDOT) in 2 wt%
poly(sodium-p-styrenesulfonate) (PSS) aqueous solution
was used for electro-polymerization. During the deposi-
tion process, a constant current density of 5 μAmm-2 was
supplied to the microelectrodes using a platinum wire as
the counter electrode. The deposition time was 150 sec-
onds. A magnetic stirrer was used at around 400 rpm
during the deposition process.

4.4 Finite element analysis with
COMSOL

All boundaries of the simulation system were insulated
except the working electrodes. One electrode was given a
5 mV electrical potential while the other electrode was set
as a ground potential. Domain material properties was set
as isotropic with conductivity σ = 1 Sm-1 and relative per-
mittivity as ε = 49.5.

4.5 Impedance characterization and
circuit fitting

For impedance spectroscopy, measurement frequency was
ranged from 1 to 100 kHz with 10 mV rms potential static
measurement in 0.1 M PBS solution. For single frequency
real time impedance monitoring, the frequency was set at
1000 Hz. The data measurement was done with PARSTAT
3000A-DX from Princeton Applied Research. All equiva-
lent circuit analysis was done with ZSimpWin software.

4.6 Multiplexer switching

The switching mechanism was achieved by Keithley 7001
Switch System using a 20-channel 7013C multiplexer card.
Only two of the 20 channels were used in this work. The
switching was controlled by LabView program using a
KUSB-488B GPIB cable. The system switch between the
temperature sensor and impedance sensor every 2 seconds.



10 LEUNG et al.

4.7 Temperature coefficient of
resistance determination

The resistance change of the device in changing DI water
temperature was compared with the measurement from a
T-type thermocouple using TC-2000 thermocouple meter.
The thermocouple reading was collected as analog voltage
change in the range of 0-5 V. Conversion from analog volt-
age to temperature is given by v*16 where v is the analog
voltage output of the TC-2000 thermocouple meter.

4.8 Temperature coefficient of variation
of PBS solution

The change of conductivity of 0.1 M PBS during tem-
perature change was measured with the probe integrated
with the multiplexer. A 0.5 V d.c. voltage was supplied
to the temperature sensor and the resistance were mea-
sured at a sampling rate of 5 Hz. For the impedance sensor,
10 mV rms ac bias was supplied to the impedance sensor
at 1000 Hz. The impedance response was sampled at 4 Hz.

4.9 In situ monitoring of porcine liver
laser ablation

Pristine porcine liver was freshly bought and tested imme-
diately. The liver samples were cut with a dimension of
about 4 cm3. A small incisionwasmade for better insertion
of the probe into the porcine liver tissue. The laser ablation
catheter was inserted through the capillary tube. The tip of
the 200 µm diameter glass fiber was about 0.5 mm exceed-
ing the tip of the capillary tube. The laser wavelength
is near infrared at 1064 nm. The power supply was set
at 2 W.
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