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ABSTRACT

The goal of this work is to analyze the capabilities of a new photothermal (PT) radiometry system to control
temperature during laser thermal therapy. The main feature of this system is the combination of two spectral channels:
infrared (IR) and microwave (MW) ranges. The first channel provides information about the temperature distribution
around the surface and subsurface of absorbing structures. The second channel provides information about the localized
laser-induced thermal effects occurring much more deeply, up to 3-5 cm. Experimental in vitro data obtained with a
near-IR diode laser are presented, focusing on the estimated capabilities of the new MW radiometry as a system for
providing feedback control for interstitial laser therapy. Further modifications of this system are suggested for PT
radiometric confocal microscopy. The modifications are based on the combination of PT radiometry in time-resolved
and frequency-domain modes, with confocal microscopy using reflected scanning modes. The potential advantages of
these new approaches are discussed, including the imaging of tissue chromophores with high spatial resolution based on
radiometric measurements of laser-induced thermal gradients.
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1. INTRODUCTION

Photothermal radiometry (PTR) is a known technique based on the detection of increased black-body radiation from a
laser-heated sample." In the life sciences, PTR applications have included examination of optical and thermal skin
properties,””’ feedback control during laser thermal therapy,®” etc. (see review in Vitkin et al.'’). Because of strong
absorption of IR radiation, PTR in vivo measurements are limited to tissues that can be directly viewed by IR detectors
through a lens-based optical system (skin, teeth, etc.). To measure IR radiation from deeper zones, IR fibers can be
used,'' but this approach still has some limitation due to the absence of non-toxic small-diameter IR fibers available for
medical application. Recently, we suggested an alternative approach based on detection of microwave (MW) radiation
from the laser-heated zone.'”> The advantage of this approach is relatively good transparency of biological tissues for
MW radiation, which, in particular, allows using this technique in passive mode (without irradiation) for functional
cancer diagnostics with a focus on breast cancer.”” The goal of this work is to analyze the capabilities of PTR in
active mode with two spectral channels, including MW range, for temperature control in subsurface zones during laser
thermal treatment, as well as interstitial laser fiber-based treatment of deep zones.

2. PHOTOTHERMAL RADIOMETRY
2.1 Spectral PTR range
In accordance with Planck's law, a body at temperature T emits natural electromagnetic radiation of thermal origin with
a broad spectrum from visible to radiowave and a maximum brightness B(v,T) at temperature 36.6°C in the mid-IR

range of ~10 um (Fig. 1, top):'"?

B(v,T) = 2hv’/c* {exp[-(hv/kT)] -1}, (1)
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where h is Planck's constant, v is frequency, k is Boltzmann's constant, T is temperature, and ¢ is the speed of light. In
PTR, signal S is measured by integrating Planck's law (1) over the spectral range of the receiver v,~v, (or wavelength
Ai—A;) and over the volume V of the heated zones, with account taken of the attenuation of IR radiation through
absorption during propagation radiation from the heated zone to the receiver. In many cases, especially in IR
thermography, IR emissions with the maximum power level, available in the 3-15-um band (area I in Fig.1, top), are
recorded. IR detection, however, has many drawbacks, perhaps the most serious being the small depth (micrometer
range) of penetration of IR radiation in tissue: Lig = 1/oyr (oyg is coefficient of absorption). For example, for most
biological tissues, Lz is ~3—4 pm at A; ~ 3 um due to strong water absorption. Then with an increase in wavelength of
just several micrometers up to 5-7 um, depth is increased one order of magnitude, i.e., up to 30-40 pm and even to 100
pm in the mid-IR region. In tissue with little water, depth may be a little larger. Nevertheless, this spectral range
allows PTR study of only surface and subsurface structures.”® Information on a deeper-lying temperature distribution is
only available by means of the referral of heat to the skin surface by conduction or transport mechanisms involving
blood flow. In contrast, other spectral ranges in both

directions from the mid-R point have much greater depth. A I

For example, in the near-IR spectral range (0.7-1.1 um; 10" ' T=310K

area II in Fig. 1), depth is increased up to 5~9 mm, while in -

the MW range (3-35 cm; area III in Fig. 1) depth reaches 10" LERLES

the maximum for biological tissue—up to 3-15 cm— L - \

depending on tissue type and water amount. In both these N .

ranges, however, the power is much lower than the mid-IR 3: J03um A qain)
range by a factor of ~10° Fortunately, highly sensitive £ - -~ —
receivers are available in both ranges. In near IR, the = ) o 10 0 v v.Hz
receiver is photomultiplier cooled, and in MW range, it is a m 0

highly sensitive MW antenna. In addition, in the near IR 107 9y

up to 2-3 pm, it is quite possible to use nontoxic \'*\,\

fiberoptics made from quartz with very good transparency. o’ '“”\\f\

These circumstances allow the development of a Lo M

radiometric spectral technique for evaluating the optical,  Fig. 1. Spectrum brightness for a black body (top) and depth
thermal, and geometric properties of absorbing targets  penetration (bottom) versus frequency.
located in deep tissue.

2.2 Microwave thermometry

2.2.1 Historical background

Microwave thermometry (MWR) was developed in the 1940s as a technique for sensing thermal emission, with
applications in radio astronomy and remote sensing of the earth and its atmosphere. Its application in medicine was first
proposed in early 1970s (see reviews in Gautherie'’ and Ryan®’) when a contacting waveguide antenna was employed to
couple MW radiation emitted by tissue into a comparison or "Dicke" radiometer working at a central frequency of 3.3
GHz. In the same period, a millimeter-wavelength scanning system employing a remote dish antenna was used to study
images of superficial thermal distributions. Originally, the primary application envisaged was in screening for breast
cancer. Then this technique was applied to a wide range of pathologies with associated elevated temperature, such as
joint inflammation or rejection of a kidney transplant. More recently, the technique has been investigated for
monitoring hyperthermia treatments. Very promising initial results have been obtained with dual-frequency (see
Gautherie'’) and multifrequency (five bands)* radiometry techniques capable of discriminating the temperature profile
to a maximum tissue depth of ~4.5 cm. Others are looking at a computed MW tomography approach using a closely
spaced array of MW antennas, where each antenna is pulsed one at a time in sequence around the array while recording
received energy at all other antenna positions.”’ Change et al.”* described an active imaging system with a 14.75-cm-
diameter array of 16 antennas operating over the 300-900 MHz band and producing a maximum temperature precision
of 0.98°C and a relative accuracy of 0.56°C. Other possible applications of MWR and its modes have been discussed
by other investigators.'>>*

Utilizing just one antenna by changing its position, MWR also has some potential for medical applications. For
example, we developed the first experimental setup with one antenna for the purpose of the functional diagnosis of
breast cancer.'" The principle of MWR diagnostics was based on the detection of small temperature changes (range,
0.1-1.8°C) due to increased cancer-cell metabolism.”” In particular, clinical trials involving more than 1,000 patients at
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four oncology centers in Moscow showed that the sensitivity of MT for functional breast cancer diagnosis is 89%,
specificity is 78%, and accuracy 83%.'>'"" These results are comparable with those for mammography. These data
showed that MT methods allow the distinction of mastopathy and fibroadenoma with proliferation from mastopathy and
fibroadenoma without proliferation. Therefore, this technique can be used to select risk-group patients. Other
diagnostic techniques (X-ray, MRI, etc.) cannot do this because they detect disease on the basis of anatomic changes.
Recently, we suggested using this technique to control interstitial laser therapy (ILT). 12

2.2.2 Temperature resolution
It is known that in the MW region where v<<kT/h, Planck’s expression for power emitted from a black body can be
approximated by the Rayleigh-Jeans expression: &

P = 2kT v¥c?, ()

that is, in the MW region, the power emitted by a black body is proportional to its physical temperature T. Hence, the
interpretation of external measurements in terms of internal temperature distribution and calibration procedure is
potentially easy, compared with that in the IR range, where at recording integrated radiation in relatively broad-
spectrum signal is proportional to T* according to Stephan-Boltzmann's law.

The internal temperature is measured by contacting a patient's skin with the antenna at the point of the organ under
investigation or of its part projection. Noise signal power at MW frequencies received by the antenna in the first
approximation is calculated as'’

P=¢kT Af, 3)

where ¢ is emissivity, and Af frequency bandwidth. When the frequency band Af is 100 MHz, the tissue temperature is
T = 310K, and when & = 1, this power is 4x10™"° W. According to Gautherie,'” the temperature resolution depends on
the system noise temperature, the temperature of the body, the bandwidth of the radiometer, the receiver, and the
integration time constants. For optimal MWR parameters at room temperature and the above mentioned parameters,
temperature resolution of 0.1°C is achievable with a time constant of 1 s.

2.2.3 Spatial resolution

Spatial resolution (lateral) is a function of both the frequency of operation and the type and size of antenna employed."”
Theoretically, the minimum spatial resolution of a contacting antenna is of the order of &pim = An/2, Where Ay, is the
wavelength in the medium with which the antenna is in contact: A, = M(g)"?, where A is the wavelength in a vacuum
and ¢ is the dielectric constant of the medium. If the antenna dimensions (diameter) are large compared with A, the
spatial resolution is of the order of the size of the antenna. That is why, to achieve the highest resolution, antenna size
must be compared with A,/2 or a little smaller. For example, for the typical parameters of g'” (water, 81; muscles and
skin, 50-60; brain, 30; and bone, 5-6), the theoretical minimum spatial resolution 8, for A = 26 cm would be
approximately 1.4 cm, 1.7 cm, 2.5 cm, and 5 cm, respectively. The antenna size can be reduced by propagating the
electromagnetic wave in a higher dielectric constant medium within the antenna. For example, an open-ended
waveguide antenna can be filled with low-loss dielectric materials with a permittivity >1. In practice, the spatial
resolution of an antenna varies in a complex manner with aperture size.'” Thus, it is possible to make some
improvements in resolution in the near field by designing an antenna with a proper aperture. Our theoretical estimation
shows that with the design of proper antenna parameters (aperture, geometry, dielectric loss, etc.) and with the choice of
a shorter wavelength (~3-10 cm) and corresponding algorithm of MWR signal treatment, it is quite possible to achieve
MWR spatial resolution of the order of 0.5 cm. It is necessary to take into account that with increasing frequency MW
depth penetration has a tendency to diminish.

2.2.4 Depth of penetration

Although the penetration depth is many times greater in the MW than in the IR range, this factor can still limit the
application of MWR to temperature monitoring. The penetration depth depends on the frequency of operation, the
tissue type, and the antenna type and size.'” Above and here, this parameter L is defined as the depth to which a signal
can travel in tissue before it is attenuated by factor 1/e. The majority of radiometry receivers operate with a central
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frequency in the range of 1-5 GHz, where penetration depth is 2-4 cm in muscle and 6-15 cm in fat.'” It is interesting to
note that, with a relatively strong attenuation medium, MWs traveling from the heated zone along the antenna axis,
compared to waves traveling outside the axis, are attenuated less because the smaller optical path leads to a narrowing
of the field of view (i.e., equivalent to some improvement of spatial resolution).

3. TEMPERATURE CONTROL DURING LASER THERMAL THERAPY

In current laser surgery, the problem of temperature control is significant, especially with the treatment of internal zones
with ILT. ILT is a surgical procedure in which an optical fiber is inserted into tissue, and absorbed laser light heats and
destroys the tissue near the fiber's tip by photocoagulation. Many clinical and basic studies have shown that ILT could
be a very promising modality for local cancer treatment, including breast, liver, prostate, and head and neck tumors
(e.g., see Muller and Roggan® and Harms et al.?**")

In ILT, both accurate temperature and time exposure determine the effectiveness of photocoagulation and therefore
the final treatment outcome. It is believed that moderate heating of a tumor with a laser source to ~60-70°C produces
cancer-cell necrosis through protein coagulation.”® The maximum tissue temperature near the fiber tip must remain
<100°C to avoid vaporization, charring, and smoke production, which potentially lead to complications such as burning,
infection, inflammation, and tumor spread through water vaporization with consequent cancer recurrence. It should be
noted that this temperature range differs somewhat from hyperthermic cancer therapy, in which the highest temperature
is 42-43°C.

Ideally, the temperature increase produced by ILT in the treatment site must be controlled to avoid thermal damage
to healthy tissue surrounding the tumor and yet to ensure total tumor-cell necrosis within the desired tissue volume
without vaporization or charring. In practice, Nd:YAG and diode lasers have frequently been used for ILT. They
afford deep tissue penetration of near-IR radiation, but for certain powers and exposure durations, increasing optical
energy penetration may actually decrease the coagulation lesion volume. Thus, a high-power, short-time-exposure,
precharring mode is utilized, as it consistently permits an increased temperature in the necrosis zone. Due to
nonuniform temperature distribution and charring, however, this method may cause the previously noted complications.
This effect is more significant for plane-cut fiber ends. More promising alternatives are optical spherical, cylindrical
diffusers or different modifications of metal tips, but the high concentration of absorbed energy around them and the
relatively longer time needed to heat a large tumor from the local metal tips remain other problems.

Therefore, in most existing treatment methods (e.g., Harms et al.”>*°), only the precharring mode with short-term
heating >100°C was used, mainly to increase absorption and heating around the fiber. This means that the main
potential advantages of laser treatment due to better volume coagulation were not quite realized. If precharring mode is
used, the laser heats only the small, carbonized area around the fiber, and this area works like thermal point source.
This is can be realized more easily with electrical heating or laser heating of the metal tip at the fiber's end.

The in situ interstitial temperatures generated during clinical or experimental laser irradiation are generally
measured with different techniques, including thermocouple probes, IR thermometry with IR fibers, optical temperature
sensors such as temperature-sensitive fluorescent probes, ultrasonography, and MRI.'"* All of these techniques,
however, are not available for continuous temperature monitoring during ILT, or they are limited by poor accuracy,
inconvenience in interstitial application, small spatial area of monitoring, and so on. For example, PTR requires the use
of an IR fiber, which has some limitations, including toxicity of the IR fiber material and the increased fiber size needed
to provide good sensitivity. Recently, MRI was successfully used to monitor temperature during ILT,>' but it is still a
very complex, expensive technique that does not allow the measurement of temperature around a metal MRI-
compatable needle. Thus, the principal limitation of current MRI technology is that the metal needle used to place and
fix the fiber's position during ILT obscures the information needed for thermal measurement. Fibers with special
coatings for MRI visualization are still in the experimental stage.

Thus, in general, ILT is a promising modality for breast cancer treatment, although it still has some limitations.
These include no intraoperative real-time temperature dosimetry of laser-induced thermal effect; poor understanding of
the optimal temperature range; relatively high temperature gradient at the tip of the optical fiber; a nonuniform thermal
lesion; potential complications after overheating and charring, such as burning, infection, and inflammation; tumor
spread through water vaporization; and residual disease from inadequate ILT. Laser parameters were usually chosen on
the basis of common recommendations from practice.
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4. PTR/MWR IN LASER THERAPY AND DIAGNOSIS

Methods and schemes used in MWR/PTR depend on the medical tasks. There are two main tasks: (a) temperature
control during laser treatment and (b) investigation of a tissue's optical and thermal properties.

4.1 Temperature control b
. . . . a
Laser treatments have two main §pat1a1 geometries: (a) Laser IRIMW Array Laser
surface treatment and (b) interstitial treatment using a Radiation Radiation _ Fiber

fiber to deliver laser radiation into a tissue (Fig. 2). ) é Needle

In the first scheme, a laser illuminates the surface,
and volume treatment depends on the penetration depth
of laser radiation into tissue (L;). Laser-induced heat
absorbed through surface and subsurface targets (cell
chromophores, skin melanin, blood in vessels, hair

follicles, etc.) depends on laser power and the medium's Absorbing

coefficient of absorption, and may vary from 42-43°C ?:r Zteeg

(laser hyperthermia) to 60-70°C (coagulation) and ] == == Microwave (MW)

>100°C (ablation, vaporization, and carbonization, etc.) Tissue IR Radiation

according to the medical task. Heating of absorbing Fig. 2. MWR/PTR monitoring of temperature during surface
targets causes increased black-body radiation detected laser treatment (a) and ILT (b).

by IR or MW arrays. Signals depend on the relations

among the depth of laser penetration (L, ), the depth of IR penetration (L), the depth of MW penetration (Lyw), and

the depth of the absorbing targets (Lt). Two cases important for practice:

1. Surface treatment: L; ~ Lt; Ly << Lyw; and Ly < L. In this case, MWR does not play a significant role because
PTR in the IR range can control surface temperature. MWR, however, can help obtain additional information for
estimating subsurface temperature distribution at depths of 100-500 um and greater if PTR in the IR range does not
already work because of strong absorption of IR radiation.

2. Volume treatment: L; ~ Lt; Lt >> Ljg; and Lt < Lyyw. This is the optimal application of MWR while PTR in the IR
range is used as a reference channel to control surface temperature in order to increase the accuracy of MWR
measurements.

In the ILT scheme, depth of penetration of the fiber end Ly meets the condition Lg >> Lyg, and in the case of Lyw > L¢

the MWR system usually allows control of the average volume temperature around the fiber end.

4.2 Tissue diagnostics

Compared with its use in the previous case, laser is used just to probe tissue by heating at low temperature (no more that
1-5°C) without thermal destruction. This technique is used to measure chromophore distribution in tissue and the
coefficient of absorption or to estimate thermal properties. There are two main PTR modes: (a) time-resolved PTR with
pulsed laser”'® and (b) frequency-domain PTR with continuous modulated laser.®® In the first mode, the pulsed
radiometric signal is the sum of signals from different depths of the irradiated volume. So analysis of the time-shape
signal yields some information about temperature and

chromophore  distribution, respectively, in the Laser Radiation  Thermal R i Fooss
subsurface structure. In the second mode, amplitude Smal o

and phase of the radiometric signal depend on the Aperture o
optical and thermal properties of the tissue, which allow Bioobject
the use of this technique for profilometric imaging of

tissue. In many experiments, however, lateral spatial Laser Ontical

resolution was not studied in detail. High lateral sy"s{Z?n

resolution in PTR can be achieved by two ways: (a) baserheated zone

tight focusing (up to 1 um) of the excitation beam and i Small Aperture — nfocus ight
the use of a spatially confined IR system for detecting ,
IR radiation from small laser-heated area and (b) using Detector ™™ Qutokfocus ant
a broad laser excitation beam and a high-resolution IR Fig. 3. Schematic of confocal photothermal microscopy in the

system for detecting IR radiation from different zones near-IR range.
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of heated volume. It is possible to have quite different combinations of these approaches.

To achieve high resolution, we recently suggested a new scheme-confocal PTR (CPTR)-based on the combination
of PTR with conventional confocal microscopy.® It is known that a conventional confocal microscope differs from a
standard light microscope in its use of a point sources of light, typically a laser, to illuminate a small spot that can be
scanned with tissue (Fig. 3). With spatial filtering of reflected laser light through a pinhole, an image is created from a
thin "plane of interest" that is in focus. Out-of-focus light returning from tissue that is superficial or deep to the focal
plane is rejected. With this device, thin "optical sections" of biological specimens can be imaged at a resolution similar
to that of light microscopy. In conventional confocal microscopy, image contrast is determined by the natural
differences in refractive indices (light-scattering properties) or fluorescence of subcellular structures within tissues.
Operating parameters of modern confocal reflectance microscopy usually include diode laser illumination (e.g.,
wavelength of 830 nm, 30x objective lens, 0.9 NA, water immersion), and the maximum depth of imaging is 400 pm.
Such a system provides a lateral resolution of 1 um and a virtual tissue "section" thickness (axial resolution) of 5 um
when unstained tissue is imaged. In the new CPTR, laser is used to heat absorbing targets from which IR radiation is
detected with a highly sensitive near-IR detector (cooled photomultiplier with a spectral range of 0.7-95 um and JnSb in
the spectral range of 1.5-5 um) with a diaphragm in front of its face. In the near-IR range (0.7-3 um), it is quite

possible to use a conventional-scheme confocal Optical

microscope with a lens system (Fig. 3). System /Detector

In the mid-IR spectral range (5-15 um), it is more \'ﬁ _— Small Aperture
convenient to use a mirror system and a relatively high- Laser N Germanium Splitter
sensitivity liquid nitrogen-cooled HgCaTe as an IR -
detector (Fig. 4). Imaging is produced by scanning the A _~ Reflecting Objective
sample. Instead of a single IR detector, an array of IR Mirror, W JI 1’ ; Laser Radiation
detectors can be used. Because of the relatively small Biosample N {;' > Thermal IR Radiati
amount IR radiation, scheme must have maximum \t%;‘: 'L
sensitivity. The IR emission from the sample must be Laser-heated &
monitored with the above mentioned high-sensitivity Zone
cooled IR detectors and lock-in amplifier. Detectors are —
placed in the focal plane of the IR (germanium) lens or Fig. 4. Schematic of confocal photothermal microscopy in the
mirror. Lateral resolution will depend on the laser spot mid-IR range.

size and the pinhole size in front of the IR detectors.
5. RESULTS

The main goal of this experimental research was to test the described hypotheses and approaches. In this section, we
present experimental data only on the capability of the MW system. Despite the long history of the MW technique,
there is an evident lack of estimates of its sensitivity and spatial resolution when applied to controlling hypothermia and
laser thermal treatment. That is why the objective of our

preliminary work was to estimate the capability of MWR in Combined

monotoring temperature effects during ILT. Moreover, M'Cm&a“v e/IR Control Unit
because MWR is a relatively new diagnostic modality in I I )

laser therapy, it requires the development of a corresponding Cvgogmez":jer

new metrologic basis. MW Amenna\
The underlying hypothesis of these experiments was that [——_—I' S
I
|

MWR can noninvasively and remotely control thermal Fiber IR Detector
effects during local ILT. This hypothesis has been verified
experimentally in vitro on some biotissue samples (chicken A
breast, porcine tissue, etc., which were cut into square
sections with maximum dimensions of 3x4x3 cm). The
experimental setup is shown in Fig. 5. Heated

Laser radiation is delivered to the samples through a Zone
quartz optical fiber with core diameter 600 um. A
continuous-wave diode laser (Diomed, Cambridge, UK)
operating at wavelength 805 nm with output power in the

Biosample /

C Thermocouples

Fig. 5. Experimental setup.
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range of 0.5-25 W and exposure times from 1 to 10 min was used as an optical source for ILT. The fiber end can be
inserted into the tissue sample with medical 18-gauge hollow needle at different depths and directions: through sample
side parallel of the surface (A), through the top surface (B), and through the bottom surface (C).

The MW antenna is built as a printed cylindrical vibrator with a 39-mm diameter and a frequency of ~1.15 GHz.
To measure small differences in temperature on the order of 0.2°C (power difference on the order of 107> W), we used
the so-called modulated null-radiometer with a slipping circuit scheme to compensate for reflective effects on the skin
surface. The feature of this scheme is a periodical comparison of external temperature with internal temperature
generated by the electrically heated resistor. To increase accuracy and control surface temperature to prevent burning
effects around the needle entrance in the skin, we used in addition a sensitive pyroelectric IR detector with a lock-in
amplifier built into the MW device to realize a PTR method with a spectral range of 5-15 um. It was necessary for
additional laser dosimetry during ILP. Independently, a thermocouple array controlled temperature at different
distances from the fiber end.

We experimentally evaluated MWR's spatial resolution and sensitivity by scanning the MW antenna across the
sample or by changing the position of the fiber in the tissue when the small laser-heated area around the fiber end
played the role of a point thermal source. Thus, the MW antenna, thermocouples, and IR detector independently
monitored the internal and surface temperatures of the sample in the range of 18-80°C. The MW antenna (radiometric
probe) was in contact with the biotissue to achieve good impedance matching. An IR detector in the mid-IR range was
used for PT control of surface temperature in two zones: (1) close to the fiber end and (2) around the needle entrance
into the issue; this range provides more reliable
protection against possible burning of the skin surface
due to diffusion of heat from the laser-heated zone.

Before application, the MWR system was calibrated
by absolute temperature. For the calibration, the MW
antenna, insulated by a Mylar sheet, was placed on a
thermostated water bath (YSI 4600 Precision
Thermometer; YSI Inc., Yellow Springs, OH) whose
temperature was raised at 1°C intervals from 25°C to

Temperature,’C

80°C. Results of water temperature measurements with 27 32 37 42 41 52 57 62 67 72

the built-in thermostat thermometer (horizontal axis), Water Bath Temperature, °C
MW antenna, and electric thermometer are shown on  Fig. 6. Calibration of the MW antenna with a water thermostat.
Fig. 6.

Both modalities showed approximately the same results, and both curves were linear, except at relatively high
temperatures >60°C. The difference in absolute temperature obtained with MW and electronic thermometry was
introduced especially to see the character of both 200

curves more clearly. The average MWR accuracy 50 ’/,‘ n - ==~ IR Detector
in the 27-37°C range was ~0.2°C. Its accuracy in ' ‘ / Thermocouples
ranges higher than 37°C was poorer, ~0.5-1.2°C. 160 8'\!'\1'_____/ M
It should be noted that initially the MW antenna 140
was developed for use in cancer diagnostics at & / /
exactly the 27-37°C range. g h

Preliminary estimation of the capability of the 5 '® R
combined experimental setup was carried out § 8o ; i " /2\,/\,1
during laser irradiation of the porcine surface in 60 S/
vitro. The fiber end was inserted only 2 mm into ’
the tissue surface, and surface temperature was 40 e e e S
measured by thermocouples placed on the surface 20
close to the fiber and the IR detector recording IR ol [ L iy
radiation around the fiber from the surface (Fig. 0 10 20 30 40
7)' Time (sec)

Fig. 7. Porcine surface temperature during irradiation with an 805-nm
laser at different powers on distance 2 mm from the fiber end (along
surface).

With increased power, the temperature rises,
and at higher powers, the fast, dramatic
temperature rise is associated with charring effects
at the fiber end. The same results were obtained
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with an IR detector with a Ge filter to block the direct effect of
laser radiation. It is interesting to note that fast-heating effects
(>100°C) took place several times at relatively lower powers (4-
6 W), which can be explained by noncontrolled charring in hot
spots or the presence a small, strongly absorbing particle in the
tissue. It is necessary to note that at calibration with controlled
heating of the smooth black surface, the absolute accuracy of the
IR detector was high (~0.2°C). A relatively lower accuracy
obtained in these experiments can be explained by the
nonsmooth local distribution of heat around the fiber.

The experiments using fiber only and fiber guided by a
metal needle showed the same results, i.e., that the presence of a
metal needle does not significantly affect the MW antenna.
Injection of a 1% indocyanine green (ICG) solution in the area
around the fiber end allowed a ~5-6-fold increased signal from
the MW antenna.

Fig. 8 shows the results of temperature measurement in
chicken breast at different laser powers when fiber end was
placed in position A (Fig. 4) in the center of the MW antenna at
1 cm from the surface. It is clear that the MW antenna signal
depends on time expose and laser power.

Some fluctuation in signal can be explained by the
influence of a relatively strong electromagnetic noise emitted
from a nearby mechanical room. Signal was much more stable
in the absence of electromagnetic noise or with the use of a
metallic shield around the MW antenna. In this type of
experiment, however, we used only a naked MW antenna and
did not attempt to reduce noise. Nonetheless, the data we
obtained clearly demonstrated the circumstances in which the
MW antenna can be used to monitor ILT. On the vertical axis
only arbitrary units were used because careful temperature
calibration of absolute measurements is needed, especially as
MW signal also depends on the geometry and shape of the
heated zone. In our experiments with thermocouple control, we
found that the size of the heated zone around the fiber end was
6-8 mm in diameter and this zone had in first approximation a
gaussian temperature distribution along the radius.

Fig. 9 shows the signal dependence from the MW antenna
on the position of the fiber end across the tissue at the same
laser power and exposure time (3W, 10 min) at two discrete
distances (1 cm and 2 cm) from the tissue surface. These data
demonstrate the spatial resolution of the MW antenna is equal
to 2.2 cm for a 1-cm depth and 1.8 cm for a 2-cm depth. This is
very close to theoretical resolution, although we do not know
the exact water content and proportions of fat and muscle in the
chicken breast. A little better resolution for deeper targets can
be explained by the relatively large diameter of the MW
antenna used and the slight differences in MW paths from the
local heated zone to the different surfaces of the MW antenna.

Fig. 10. shows MW signal dependence on the distance
between the fiber end and the surface for two spatial geometries
of fiber insertion into tissues (Fig. 4, positions C and B). The
sensitivity of the MW antenna allows the measurement of
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temperatures to a depth of at least 2.5 cm for such an inconvenient object as chicken breast with high water and muscle
content. In the case of position C the thermal source is closer to the surface than the fiber end and on contrary in case B
a little far respectively. We had an available sample with a depth of ~3 cm, and we could not check sensitivity at the
deeper zone. At a depth of 2.6 cm, however, we had sufficient signal-to-noise ratio that extrapolation to level noise
yielded an estimate of the maximum depth of temperature detection as 4 cm at a laser power of 2 W and a time exposure
of 10 min. For tissue containing less water, we can estimate to depths of ~6-7 cm.

6. CONCLUSION

Thus, we have developed a combined MWR/PTR system with the following characteristics: maximum depth of
detection of a laser-heated zone: 4-6 cm (depending on the water content and type of tissue); cross-sectional spatial
resolution: 1.8 cm (half width 50% level); measuring time: 3-5 sec; sensitivity threshold of average relative deep
temperature variation: 0.2°C; accuracy of measuring the skin temperature: 0.2°C.

Absolute temperature accuracy at different temperature ranges was 0.5-1.2°C, with the assumption that the
temperature profile around the fiber was smooth. It should be noted that to prevent tissue charring, it is necessary to
maintain the temperature and corresponding laser power just below some critical level (e.g., <90-100°C). This is why
the requirements for accurate MW feedback could not be so strict, but a statement of this kind needs additional study.
Our hope, however, is that in the future with knowledge of the spatial location of a tumor from MRI, the average typical
size of the heated zone, and additional experimental data, we will develop an algorithm that can be used to keep
temperature in a tighter range of at least 60-70°C, or perhaps even tighter, with the MW antenna. This system could
also be very useful for studying subsurface chromophore profiles in tissues at different depths of laser penetration in
combination with PTR. Another critical question concerns the spatial resolution requirements. For example, on the one
hand, high resolution is useful for estimating temperature distribution, but on the other hand the MW signal in this case
will be sensitive to the spatial position of the MW antenna; thus additional effort will need to be directed to stabilizing
the antenna position. This question also needs further theoretical and experimental study to find a compromise.

This technique also holds promise for guiding the laser treatment of other types of diseases, including prostate
cancer and the phototreatment of lymphedema after mastectomy. Its parameters can be further improved to provide
depth measurements up to 8 cm and a sensitivity of 0.1°C, as well as the use of a multifrequency, multichannel MW
array to obtain 3-D images of the heated zone with a resolution of 0.5-1 cm. Such improvements are quite sufficient for
the treatment of tumors >3-4 cm. During scanning with a focused laser beam, this technique allows obtaining images
with high optical resolution, depending on the laser spot. With some modification, this technique can be used to control
heat induced by other types of energy, including focused ultrasound and electromagnetic waves.
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