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Abstract. A thin photothermal (PT) endoscope (∼80 μm) for the noninvasive/minimally invasive hybrid-optical
diagnosis of biological specimens is demonstrated. The technique has the unique advantage that the pump
laser delivery fiber itself acts as the thermal wave sensor, which is a Bragg grating. It detects only the conductive
component of the PT signal, thus enabling an emissivity independent measurement. The device is slidable through a
syringe needle and PT analysis of exposed organs with limited accessibility for conventional PT techniques, and
constricted regions can be examined noninvasively. For regions buried in thick tissues, a minimally invasive injec-
tion mode may be considered. Temperature measurement sensitivity is about 0.03°C. The amplitude and phase
channels are sensitive up to about 3 and 10 kHz, respectively. The endoscope has been used for the simultaneous
estimation of flow velocity, absorption coefficient, and diffusivity for a phantom-blood flow. The endoscopically
estimated values are in agreement with true flow velocities over a range of 1 to 1000 cm−1. The endoscope has
been used for the optical biopsy of goat bone marrow.© 2013 Society of Photo-Optical Instrumentation Engineers (SPIE) [DOI: 10.1117/1

.JBO.18.9.097008]
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1 Introduction
Study of photo-induced diffusion waves in matter has paved the
way for the development of several revolutionary measurement
schemes in basic science, engineering, and medical technol-
ogy.1–3 In addition to thermal wave generation, the photothermal
(PT) effect and diffusion wave methods take in to account
acoustic waves or excited charge carriers or scattered photon
fluence rate developed in the medium following periodic optical
excitation. The successful applications of this science spread
over a wide spectrum that covers measurement of thermophys-
ical parameters of solids and fluids,4–7 microscopy and tomog-
raphy,8–10 wide field thermography,11,12 noninvasive dental
diagnosis,13 microelectronic metrology,14 etc. In medicine and
biology, both time- and frequency-domain PT analytical meth-
ods have been found successful for the noninvasive measure-
ment of peripheral and subsurface tissue parameters.15–17

Imaging of deep-lying dental caries has been accomplished,
with better sensitivity compared to X-rays, with frame
synchronized PT wave detection.18 PT imaging of tumors and
infections with the aid of nanocontrast agents19 and single
biomolecule identification20 and nanocluster-assisted cellular
imaging21 are a few among the recent high potential applications
of PT research in medical scenario.

In addition to fundamental studies, during the past three
decades considerable attention has been paid in proposing
various PT technologies of practical interest for noninvasive
clinical procedures such as cytometry, oxygen saturation
analysis, depth-resolved skin imaging, monitoring of cell con-
ditions, drug response investigations, etc. Detection of individ-
ual cells in blood and lymph flow was demonstrated using a
label-free PT pump-probe detection.22 The concept was further
developed for the fast imaging of individual moving cells.23

Real-time assessment of circulating clots, dye-cell interaction,
and blood flow dynamics is simultaneously carried out using
a negative contrast PT-photoacoustic (PA) cytometer.24 An opti-
cal coherence tomography coupled dual wavelength excitation
PT method has been proven to acquire a depth resolved picture
of oxygen saturation in blood, thus paving a way for the
noninvasive pathology related to the early diagnosis of cancer,
inflammatory and infectious processes, diabetic retinopathy,
choroidal disorders, stroke, and vascular dementia.25–28 Pulsed
PT radiometric depth profiling for the diagnosis of port wine
stain29 and time-domain PA analysis of lymph nodes for mela-
noma detection30 are notable for their practical significance
in skin cancer screening. PT research in fluid velocimetry has
a quite long history of about three decades. Pulsed pump
laser induced refractive index modulation accounting the
liquid flow velocity with probe beam detection was successful
to monitor velocities in the range of 0.2 to 30 mm s−1, in trans-
parent liquids.31–33 Laser induced thermal lensing and associated
probe defocusing34 and PT deflection with a transient refractive
index grating35 were free from the inherent limitation of
laser Doppler velocimetry, which needs scatterers in the fluid.
These techniques were equally applicable for laminar and
turbulent flow rate measurement. Flow field PA imaging
using a detector array and PA Doppler shift measurement are
recent promising technologies, which would make the blood
flow quantification in microcirculation possible with high
sensitivity.36–38

In spite of acclaimed scientific advantages, challenges
stumbled upon before the adoption of these noninvasive and
nonionizing PT methods for realistic clinical trials are many.
Relatively low optical absorption in the therapeutic optical
window (700 to 1300 nm) and strong absorption of infrared
(IR) photons by water molecules in tissues make the available
depth information carried by the PT signal at the skin/organ
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surface too limited for biologically reliable diagnosis. In other
words, conduction-dominated coupling of thermal waves, which
are heavily attenuated within the first thermal diffusion length,
limits the penetrable depth in tissues to a few hundreds of microns
for a practical modulation frequency range (say, 1 to 10 Hz). In
the case of pump-probe methods, accuracy of the probe deflection
measurement falls down as the tissue thickness increases due to
scattering. The fact that emissivity of a surface varies consider-
ably with tissue type and condition, and for the same type from
person to person, imposes limitations on the generalized use of
PT radiometry methods for biomedical applications.39 On top of
these, most of the techniques are practiced in vitro and PT biopsy
or cytometry of inner organs, deep-seated tissues, and blood
vessels in vivo continues to be a challenge.

In this article, we introduce a thin (thickness ∼80 μm) PT
endoscope (PTE) that measures the conductive-only component
of the PT signal enabling an emissivity independent detection.
Both the pump beam delivery and the thermal wave measure-
ment are simultaneously carried out by the same optical fiber
sensor. The fiber endoscope is slidable through a syringe needle
and can be of any length. These advantages lead to the possibil-
ity of noninvasive or minimally invasive PT diagnosis of deep
lying anatomical parts, for example, for the screening colon
and esophageal cancer, coronary artery blockage imaging, flow
analysis of microcirculation, drug response monitoring of inter-
nal organs, etc. In Sec. 2, the principle and instrumentation
details of the PTE are described. Theory of PT response of
a flowing medium is discussed in Sec. 3. Experimental results
on the performance, sensitivity, and calibration of the PTE
are presented in Sec. 4.1. In addition, the results obtained
for a flowing blood phantom are presented. The use of the
PTE for bone marrow (BM) biopsy has been demonstrated in
Sec. 4.2 as a typical example.

2 Thin PTE

2.1 Principle

The heart of the PTE is a fiber Bragg grating (FBG) encrypted
on a germanium-doped silica fiber of about 80-μm thick.40,41

The well-known dependence of Bragg wavelength (λB) on
the grating temperature, which is about 10 pmK−1, is the
mechanism used for sensing the laser-induced thermal signal
in the sample. The grating offers excellent transmission for
all wavelengths except for a sharp notch at λB. An FBG with
Bragg wavelength in the C-band (1530 to 1565 nm) is, there-
fore, an efficient carrier of visible or near IR pump. Figure 1
shows the instrumental configuration of the device. A thermally

tunable C-band distributed feedback (DFB) diode laser [sensing
laser (SL)], whose spectrum contains the Bragg wavelength,
is coupled to the FBG through ports 1 and 2 of a fiber-optic
circulator (CR). The reflected signal (at port 3) is detected
using a C-band photodiode (G17BOC-07, Perkin Elmer,
Massachusetts) and a transimpedance amplifier (PDA2) wired
around an OPA657 operational amplifier. The DFB temperature
is set using a thermoelectric cooler, which is under the control
of a computer (PC). A constant current source (CCS) powers
the DFB laser. Over a reasonable spectral band (∼10 nm, for
common modules), the DFB wavelength is proportional to its
temperature. The FBG wavelength has been selected such
that at 37°C (normal human body temperature) it corresponds
to the central portion of the available DFB spectral band.
The pump laser (589-nm diode) is coupled to the endoscope
fiber using a 2 × 1 coupler, through ports 4 and 5 of the CR.
We consider a simplified geometry of the FBG reflection spec-
trum with the overlap of the probe laser line as shown in Fig. 2.
Here λL and λU are, respectively, the lower and upper wave-
length limits of the linear portion of the reflectance spectrum,
and λC is the operating point. An arbitrary temperature change
causes a shift in the Bragg wavelength through D such that the
reflected intensity changes from IC to ID. From the results of
trigonometry, it can be shown that

IC
ID

¼ λC − λL
λC − ðλL þDÞ . (1)

The Bragg wavelength being dependent on the ambient (speci-
men) temperature, an initial calibration is essential before starting
the measurement to fix the operating point. For this, the sensor tip
is placed in thermal contact with the specimen keeping the pump
laser OFF. The SL temperature and, consequently, its wavelength
are swept over a band which covers the full spectral width antici-
pated for the FBG reflection spectrum, with a reasonable margin
on both edges. Reflected light intensity is recorded as a function
of TEC control signal to which both the laser temperature and
wavelength hold a liner relationship. Knowing the control signal
values corresponding to wavelengths λL and λU (or λB), an opti-
mum operating point may be identified at the arithmetic mean
value for these boundaries. The entire process is completed in
a couple of minutes under computer control in LABVIEW environ-
ment. Once the operating point is identified, the DFB temperature
(and wavelength) is fixed there and any subsequent change in the
reflected light intensity will be proportional to the change in tem-
perature of the grating.

Fig. 1 Schematic of the thin photothermal (PT) endoscope.
Fig. 2 Geometry of the fiber Bragg grating (FBG) reflection spectrum
with the overlap of probe laser line.
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2.2 Implementation of the PTE

The Bragg wavelength of the grating we considered was
1535.934 nm with the center of rising edge of reflection located
at 1535.881 nm, at 25.00°C. The sensing terminal of the fiber
was cut in such a way that ∼90% (verified through reflectance
measurement) of the grating (∼0.5-mm long) remained on the
fiber. The half power spectral width was about 200 pm with
a peak reflectance of about 40%. As the SL, we used a
Lucent E2505-H52 DFB diode module that has, at 25°C,
1535.820 nm emission, 20-pm half power spectral width and
2 mW (max) power at the fiber output. It has a built-in TEC
for wavelength tuning. Not only the DFB wavelength but
also the output power is a function of temperature (power
decreases with temperature). For normalizing the sweep data
against this dependence, the DFB output is sampled using a
splitter (SP) and a photodiode (PDA1). The observed values
of λS were 1532.884 and 1537.375 nm for TEC temperatures
0°C and 30°C, respectively. This sweep range (4.491 nm) cor-
responds to a possible temperature measurement range of about
0°C to 450°C with the FBG, which is too large for dealing with
realistic PT signal levels in biological specimens. Output current
noise density of the CCS is about 1 nA∕

ffiffiffiffiffiffi
Hz

p
and stability is

about 30 ppm∕°C. The stability of DFB temperature set point
is better than 0.005°C. The grating is inserted through a syringe
with needle [Fig. 3(a)]. A manual sliding mechanism facilitates
smooth glide of the fiber through the needle. The key advantage
of this approach is that a minimally invasive injection mode may
be followed for probing regions buried in thick tissues. The nee-
dle may be inserted with the fiber tip lifted up to a safe position
within the needle and sensor-specimen thermal contact may be
established by sliding it down until the needle tip reaches the
location of interest. Furthermore, exposed organs with little
accessibility for conventional PT analysis (esophagus, colon,
auditory canal, nostril, etc.) and constricted regions can be
examined noninvasively if the needle is made sufficiently
long and properly bent. Figure 3(b) is the photograph of the
PTE sliding through a typical 2-ml syringe.

3 Theory of PT Signal Generation in a Flowing
Liquid and PT Endoscopic Blood Flow
Cytometry

Various theoretical models have been proposed to describe the
PT effects in streaming as well as static fluids with gas-micro-
phone,42 optical beam deflection,43 and radiometric detection
techniques.44 Owing to the lower content of static PT signal
(dc component), pulsed excitation has widely been considered
for biologically important diagnostic applications in which the
maximum permissible exposure limits the deliverable laser

energy and the available signal quality.45 In the following treat-
ment, we make use of the pulsed PT excitation of a flowing
medium (general case) and a time-domain analysis of the result-
ing thermal transient detected by the endoscopic tip. Figure 4
shows the endoscope inserted into a blood vessel in which
the flow is along the x-direction and the endoscopic axis is
normal to the flow velocity. It is realistic to assume that the
heat transfer mechanism within the sample is conduction
because radiative coupling is highly suppressed due to strong
IR absorption by water present in blood. The heat diffusion
within the sample obeys the equation:

∂Tðr; tÞ
∂t

¼ α∇2Tðr; tÞ − v
∂Tðr; tÞ

∂x
þ α

k
Qðr; tÞ: (2)

Here, Tðr; tÞ is the temperature rise due to optical absorption,
v is the flow velocity along the x-direction and α and k are,
respectively, the thermal diffusivity and conductivity of the
medium. Qðr; tÞ is the heat produced per unit volume of the
medium and r and t are, respectively, the position and time
at which measurement is carried out. We assume a situation
in which the medium is thermally thick and the optical absorp-
tion length (μa) in the sample is much larger than the thermal
diffusion length (μ). Furthermore, the scattering coefficient is
small compared to the absorption coefficient at the pump wave-
length used. The optical energy is thus completely dissipated in
the medium due to absorption within a spatial domain, which is
larger than a diffusion length. In this conduction-dominated
thermal coupling scheme, the endoscopic tip measures the
depth integrated thermal signal generated within approximately
one diffusion length in the medium. With these assumptions,
one can presume the medium to be a weak absorber for
which the heat produced per unit volume is given by

Qðr; tÞ ¼
�

2μaE
πa2τ e

−2r2

a2 for 0 ≤ t ≤ τ
0 for t ≥ τ

; (3)

where E is the energy per pulse of the pump and τ is the pulse
width. The pump laser beam is assumed to have a Gaussian pro-
file with 1∕e2 radius a. For small values of numerical aperture,
the pump radius may be approximated to the endoscopic fiber
radius provided the thermal diffusion length is small (say, a few
tens of microns). For a general solution to Eq. (2), the law
of conservation of energy should be satisfied as an essential cri-
terion. This means that there should not occur any energy con-
version process like phase transition, radiative recombination
processes, PA signal generation, etc., other than nonradiative
(thermal) relaxation of the medium. For minimizing PA effects,
the use of appropriate pulse duration should be considered such

Fig. 3 (a) Architecture of the photothermal endoscope (PTE). The lowest
inner needle diameter used was 120 μm. (b) Photograph of the labora-
tory prototype. Fig. 4 The PTE needle injected into a blood vessel.
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that stress and thermal confinement conditions are not met.46

Energy loss via radiative fluorescence emission occurs in
most biological specimens. However, one has to consider an
excitation wavelength for which the radiative energy conversion
efficiency is negligibly small compared to the thermal conver-
sion efficiency for these samples.47 A two-dimensional solution
to Eq. (2) with an axial (x-direction) and radial (y-direction) heat
diffusion leads to the resulting temperature distribution32,48

Tðx;y;tÞ¼
2μaαE
πkτ

Z
τ

0

�
expf½−2½x−vðt−sÞ�2þy2�∕½8αðt−sÞþa2�g

8αðt−sÞþa2

�
ds

for t>τ:

(4)

If we assume that the pulse repetition frequency (PRF) is
large enough to make the diffusion length much smaller than
the radial extension of the thermal wave field and measurement
is done at the center of the fiber face, then y ¼ 0 and Eq. (4)
assumes a one-dimensional form. In this case, Tðx; tÞ will be
the thermal wave distribution in the fluid layer, which is in con-
tact with (or within the close vicinity of) the endoscopic tip.

Equation (4) does not have an analytical solution, and hence
it has to be solved numerically. This numerical integration has
been carried out using the MATLAB function “quadv,” for t > τ.
In Fig. 5, simulated PT transient response of blood at 589 nm for
a band of velocity values has been depicted. Assumed thermo-
physical parameters of human blood are μa ¼ 80 cm−1,
k ¼ 0.5 Wm−1 K−1, specific heat capacity at constant pressure
Cp ¼ 3500 J kg−1 K−1 and density ρ ¼ 1100 kgm−3.49 These
values lead to a diffusivity of about 1.3 × 10−7 m2 s−1 according
to the relation α ¼ k∕ρCp, E ¼ 5 × 10−6 J, and τ ¼ 1 × 10−4 s.
PRF is 20 Hz for which μ in blood is about 20 μm. Assuming
that the PTE measures integrated thermal wave contribution
over one diffusion length, the integration was carried for an
axial distance x ¼ μ. In the above treatment, we believed that
excitation energy was low enough to forbid the occurrence
of PT saturation.50 In Fig. 6, the transient response for a set
of diffusivity values is plotted. The transient amplitude has
strong dependence on the flow velocity and it decreases as

the speed increases. The velocity characterizes the rate of
decay, too. From Fig. 6, it is evident that the early thermal tran-
sient signal is almost independent of diffusivity variation over a
broad range. This is a consequence of the fact that immediately
after the laser goes off, for an interval which is much shorter than
the diffusion time (td ¼ a2∕4α), diffusive loss is negligible and
the amplitude is chiefly controlled by the absorption and forced
convection (flow rate). For late transient, the curve shape
depends not only on velocity but also on diffusivity. For a
known value of pump beam radius, simultaneous measurement
of absorption coefficient, diffusivity, and flow velocity is pos-
sible through multiparameter fitting of experimental data with
the theory [Eq. (4)] with ensured uniqueness.51 To strengthen
the inimitability of the fitting process, a frequency-domain
approach, too, is considered for the simultaneous evaluation
of diffusivity and absorption coefficient. For a thermally
thick sample, if 1∕μa > μ, the tangent of the PT signal phase
(φ) depends only on μa and μ:52

tan φ ¼ ImðTÞ
ReðTÞ ¼ −

�
1þ 2

μaμ

�
¼ −

�
1þ 2

μa

ffiffiffiffiffiffi
πf
α

r �
: (5)

Here, f is the modulation frequency. In contrary to the large
variation of μa with the degree of blood oxygenation, the spread
of diffusivity values is small. Moreover, it has been reported that
the diffusivity of blood does not vary much from person to per-
son and it is insensitive to flow dynamics as well.53 Therefore,
one can assume a literature value for diffusivity as a seed param-
eter for fitting the frequency swept data with Eq. (5) for the
simultaneous estimation of μa and α. A nonlinear least square
fitting algorithm cancels the instrumental phase offset through
self calibration.

4 Experiment and Results

4.1 Frequency Response and Sensitivity of the PTE

The frequency response of the PTE was studied and the results
are plotted in Fig. 7. For this, the tip was kept in contact with
Indian ink taken in a 5 × 5 × 5 cm3 dish. Pumping was done at
low power (∼5 mW, 589 nm) to avoid convection currents and
frequency-swept (sinusoidal) data were collected over the range
from 1 Hz to 10 kHz using a digital lock-in amplifier. The

Fig. 5 Simulated PT transient response of blood, for excitation at
589 nm, for the flow velocity ranging from 0 to 1000 mms−1.

Fig. 6 Simulated PT transient response of static blood, for excitation at
589 nm, for the diffusivity range of 0.5 × 10−7 to 3.5 × 10−7 m2 s−1.
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theoretical PT response of a semi-infinite opaque material was
considered for normalizing the experimental data. For this,
amplitude ratio and phase difference were estimated for the
respective experimental and theoretical values. The −3 dB
amplitude response is ∼200 Hz. The amplitude is detectable
up to ∼3 kHz and the phase to ∼10 kHz. Because of two rea-
sons the sensitivity of the amplitude channel becomes greatly
reduced at higher frequencies (say, >3 kHz): (1) the strong
attenuation of PT signals and (2) as the thermal diffusion length
decreases, the number of grating lines that are thermally excited
is decreased; this, in turn, reduces the intensity of reflected laser
intensity. On using higher pump powers, the frequency response
was observed to be slightly broadened provided the irradiation
time is small enough to forbid the generation of thermal currents
in the ink. The frequency roll-off is, however, not a drawback as
most theoretical models (with fitting algorithm) for PT measure-
ments are self-calibrating against instrumental transfer function.
We measured the sensitivity of the endoscope by attaching it
to a small TEC heating element, which was under the control
of a temperature controller (0.005°C resolution). Element
temperature was changed from 36°C to 38°C with an interval
of 0.01°C, and the PTE output was recorded. For 10 trials,
the uncertainty in PTE-measured temperature was found to be
∼0.03°C.

4.2 Measurement of Flow Velocity, Absorption
Coefficient, and Diffusivity

Experimental arrangement for blood velocimetry consists of
a 250-ml syringe pump, which controls the flow through a
2-m long tygon tube of inner and outer radii 2.5 and 3.5 mm,
respectively. The true flow velocity is calculated in terms of the
volume of liquid flown, area of the tube, and time of flow
(dispensed volume ¼ area × velocity × time). The blood-mim-
icking phantom was red fountain pen ink solution containing
distilled water and ink in the ratio 3∶1. Absorption coefficient
for this ratio at 589 nm was found (using Ocean Optics PC-
1000 spectrophotometer and Beer–Lambert’s law) to be 112
ð�5%Þ cm−1, which is comparable with that of whole blood.
If one assumes that the diffusivity values of the phantom and
water are almost equal (1.4 × 10−3 cm2 s−1), then at 22.5 Hz,
the diffusion length becomes half of the absorption depth.

So, a frequency band above this value could be used for gen-
erating sweep-data for fitting with the theory (Eq. 5), which
is valid only if 1∕μa > μ in the thermally thick regime. The
endoscope was injected into the tube, which contained a static
column of ink, making an angle of ∼45 deg with the tube axis.
The tip was positioned to coincide with the diametric center of
the tube. Sinusoidal excitation (40 to 400 Hz) at a peak power of
5 mW (589 nm) and lock-in detection were employed to record
in-phase and quadrature signals. Figure 8 shows the tan φ versus
frequency data and the theoretical fit. The best fit values are α ¼
1.61 × 10−3 ð�4%Þ cm2 s−1 and μa ¼ 98.52 ð�3%Þ cm−1. The
fitted and the spectroscopically measured values of μa are in
reasonable agreement.

For transient analysis, 1-ms pulse of amplitude 10 mWwith a
PRF of 20 Hz was used as the pump. Transient signal at the
endoscope output was digitized using a 12-bit data acquisition
card of 1-MHz bandwidth. The digitizer was enabled by the fall-
ing edge of the laser pulse since the theory [Eq. (4)] was devel-
oped for the PT decay. For averaging, 30 transients were
recorded. For different flow velocities over the range of 1 to
104 mm s−1, transients were analyzed. Figure 9 shows the tran-
sient recorded at 50 mm s−1 and the corresponding best fit
[Eq. (4)]. For initializing iterations, seed values assumed for
μa and α were 112 cm−1 and 1.4 × 10−3 cm2 s−1, respectively.
An instrumental constant, which appears as a signal-scaling
factor during the fitting process, was also included as a
parameter. The best fit values are v ¼ 57.3 ð�4%Þ mms−1,
α¼ 1.24 × 10−3 ð�5%Þ cm2 s−1, and μa ¼ 121 ð�4%Þ cm−1.
These values were obtained by putting a slightly larger value
(65 μm) for the beam radius instead of the exact fiber radius
(40 μm), in the computation of Eq. (4). It is meaningful to
assume in this context that the diverging nature of the pump
beam (due to fiber delivery) and possible scattering make the
radial dimension of the beam within the solution larger than
the true fiber radius. So, the pump radius was considered as
an optimization parameter for the best fitting results. Despite
the fact that there is a notable difference in the values of α
and μa estimated through the uncorrelated frequency-domain
and time-domain analyses (22% for α and 18% for μa), the

Fig. 7 Frequency response of the PTE: (a) amplitude and (b) phase. An
offset correction has been applied to the phase to read 0 deg at 1 Hz.

Fig. 8 Frequency-swept ImðTÞ∕ReðTÞ response (open circles) of static
ink solution excited with 589-nm diode laser and the best theoretical
fit (dash).
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benefit of having them together is the ensured fitting uniqueness
for the latter, which has three parameters to be evaluated.

In Fig. 10, diffusivity and absorption coefficients of the flow-
ing ink solution, measured from the transient response recorded
by the endoscope, are plotted as a function of true flow velocity.
For low flow velocities, the measured diffusivity is almost equal
to that of the static liquid (1.24 × 10−3 cm2 s−1) with an error
band of ∼� 5% [Fig. 10(a)]. For higher speeds, say above
103 mm s−1, there is a fall in the estimated diffusivity values
and the error band increases considerably. This is because the
rate of forced convection over-rides the influence of diffusion
on the signal at higher speeds. As the combined effect of this
faster heat removal from the point of excitation and inappre-
ciable thermal diffusion (within the acquisition interval), the sig-
nal level comes down with increasing transient slope at higher
speeds. Consequently, the uncertainty goes up. In the case of
absorption coefficient, the PTE measured value is almost insen-
sitive to the flow velocity [Fig. 10(b)]. However, the error band
is found to be widening with velocity. This is a consequence of
the rapid fall in the signal level at higher speeds.

In Fig. 11, the PTE measured flow velocity is plotted against
the true velocity. A linear relationship is maintained at higher
velocities coarsely >10 mm s−1. At low speeds, the velocity
is overestimated with increasing uncertainty as the flow
slows down. The cause of this can be attributed to the boundary
(sensor liquid) heat losses due to the convection currents setup in
the medium, the relative magnitude of this quantity with the
flow speed being a key parameter. The characteristic times
for building up convective effects for various sample/heating
configurations are well documented in the literature.54 At low
flow velocities, the forced removal of energy is a slow process
and the characteristic time for this process is comparable with
the time for establishing free convection for the endoscope-
liquid configuration, which is not perfectly adiabatic. This
means, for low speeds, the rate of energy removal, which is con-
trolled by the convective flow, as well as the streaming liquid
molecules appears overestimated, because their magnitudes
are comparable. Therefore, there is an apparent increase in the
estimated flow velocity.

4.3 BM Biopsy

The BM examination refers to the pathologic analysis of sam-
ples of BM obtained by BM biopsy and aspiration.55 This analy-
sis is recommended for the diagnosis of a number of conditions
such as unexplained low red blood cell count (anemia), low
white cell count (leucopenia), low platelet count (thrombocyto-
penia), tumors of the lymphoid tissues (lymphoma), etc. Also,
monitoring and evaluation of leukemias, iron level problems,
unexplained spleen enlargement (splenomegaly), etc., are usu-
ally carried out through marrow biopsy.56 Because of the rapid
reproduction of BM cells and the short life span and minimal
storage in the BM of circulating cells, BM cells and their
precursors are particularly vulnerable to physiologic changes
that can affect cell production. Optical and structural properties
of BM cells have been found to be indicators of several physio-
logical disorders. For example, optical absorption coefficient
is identified as a potential marker to discriminate normal
lymphocytes form lymphoblast of acute lymphoblastic leu-
kaemia.57 BM micrometastases, which elude radiographic
detection, have been identified using luminescence imaging.58

Fig. 9 PTE output recorded for flowing ink (open squares) and the best
theoretical fit (dash). Pump wavelength is 589 nm.

Fig. 10 Dependence of endoscopically measured diffusivity (a) and
absorption coefficient (b) of the flowing ink solution on the true flow
velocity.

Fig. 11 Endoscopically measured flow velocity versus true velocity for
the ink solution.
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Sickle-cell disease whose major cause is the low oxygenation in
marrow leading to deoxyhemoglobin dominance is detectable
through absorption spectrometry.59 In another interesting report,
IR spectroscopy has been successfully used to monitor oxygen
saturation changes during orthostatic variations imposed by
body tilt.60 Fluorescent microscopy with the use of Truant’s
auramine–rhodamine staining of BM aspirates has been found
to be a sensitive and rapid technique for determining the pres-
ence of mycobacteria in BM specimens from patients with HIV
infection.61

For BM biopsy, usually an aspiration needle is used to collect
the marrow sample and pathological analysis is done in vitro.
The challenge behind in vivo biophotonic BM biopsy can be
lucratively accomplished using the PTE, the markers being
absorption coefficient and diffusivity. We made an attempt to
demonstrate BM biopsy in a goat shoulder purchased from a
butcher shop. The shoulder was ∼10-cm long with a 2-cm-
thick meat over layer. The sample was cut at both ends so
that the marrow cross-sections were exposed to the atmosphere.
The animal had been sacrificed ∼2 h before the experiment
commenced. An aspiration needle of ∼400-μm inner radius
was inserted into the bone through the meat. The PTE needle
(∼300-μm outer radius) that contained the endoscope fiber
was slid through the aspiration needle. The sensor tip was prop-
erly positioned to ensure physical contact with marrow by mon-
itoring the output signal level. PT transients were recorded as a
function of time with an interval of 30 min for 6 h, and α and μa
were estimated. Excitation wavelength was 589 nm. As shown
in Fig. 12(a), the absorption coefficient has a smooth decrease
first and then goes on increasing. The increasing value of μa may
be attributed to oxy- to deoxyhemoglobin conversion. The esti-
mated α has a little unsteady but decreasing trend with time.
However, many biochemical processes are responsible for the
initial lowering of μa as well as the unsteady fall in α with
time. No effort has been made to understand the full mechanism
behind these trends as it is beyond the scope of this article.

5 Discussion
In this article, we propose a thin PTE having an 80-μm-thick
Bragg grating sensing tip, which acts as the pump carrier as
well. The device measures conductively coupled thermal
waves and its response is insensitive to the emissivity of the
sample/organ. The endoscope can be of any length to facilitate

PT diagnosis or biopsy of deep-lying as well as peripheral
organs in vivo. The time-domain transient analysis considered
for the simultaneous determination of optical absorption coef-
ficient, thermal diffusivity, and flow velocity is fast enough
to make it a potential device for clinical diagnostics applications.
The fiber sensor being slidable through a syringe needle, biopsy
of regions concealed within hard tissues or thick soft tissue
layers is possible. The endoscope is a sterilizable one. The mea-
sured sensitivity (∼0.03°C) and bandwidth (∼3 and 10 kHz for
amplitude and phase, respectively) are reasonable to cope with
most of the PT measurements. The theoretical treatment consid-
ered here assumes an energy conservation criteria for which
there should not occur any energy conversion process like
phase transition, radiative recombination, PA signal generation,
etc., other than nonradiative de-excitation leading to thermal
wave generation. Among these, PA signal generation and
radiative processes resulting in fluorescence emission need
special attention even at low powers. If the stress and
thermal confinement conditions are met, the tissue will act as
a source of PA signals with a possible frequency bandwidth
of ∼1∕pulse-width. An FBG is sensitive to strain also and
the PAwaves getting coupled to it will convolute with the ther-
mal response. For a pulse duration, which is longer than the ther-
mal diffusion time, PA conversion efficiency will be negligibly
small. In our experiment, a pulse width, which is close to the
thermal relaxation time (3.6 ms for blood) was considered.
We inserted a fourth order low-pass filter of 330 Hz cut-off
frequency in the output signal channel. An unfavorable conse-
quence of this filtering is attenuation for the early transient,
which is likely to introduce error in the measurement of absorp-
tion coefficient and flow velocity. To have a better look into
this issue, we made measurements with and without the filter
and the estimated values of α, μa, and v did not differ >2%.
Furthermore, we repeated the measurement with 1-ms pulse
and 1-kHz filter. Here also, the difference was <2%. The prob-
lem of radiative energy conversion can be resolved through
selecting an optimal excitation wavelength.47,62 For most
of the tissues, the fluorescence conversion efficiency rapidly
falls >500 nm. The wavelength used in this work (589 nm)
is thus appropriate in this regard. Moreover, at this wavelength,
absorption coefficients of oxy- and deoxyhemoglobins differ by
an order of 10 leading to the possibility of oxygen saturation
studies and related diagnostic procedures.

Spectroscopically and endoscopically measured values of
absorption coefficient of red ink solution are found to differ
by about 7%. A major reason for this difference is the bandwidth
limitation of the PTE which attenuates a portion of the very early
thermal transient containing vital information about the total
absorbed energy. The best transient fit was observed when
the pump radius was slightly increased beyond the fiber radius.
This is a consequence of the diverging nature of the beam
as well as scattering occurring in the liquid, which is not
accounted for in the theoretical model. For low flow velocities,
<103 mm s−1, the estimated diffusivity values are the same as
that of static liquid. For higher speeds, the combined effect
of faster heat removal from the point of excitation and insignifi-
cant thermal diffusion within the acquisition interval lead to
an underestimated diffusion coefficient. In velocimetry, the sys-
tem being not perfectly adiabatic, notable discrepancies occur
for low velocities leading to overestimation with increasing
uncertainty with decreasing velocity. The cause of this can be
attributed to the boundary heat losses due to the convection

Fig. 12 Variation of (a) absorption coefficient and (b) thermal diffusivity
of goat shoulder marrow with time, estimated using PTE. The bone had
∼2-cm thick meat over it.
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currents. At low flow velocities, the forced removal of energy is
a slow process and the characteristic time for this process is
comparable with the time for establishing free convection for
the endoscope-liquid configuration, which is not perfectly adia-
batic. Since the current method assumes one-dimensional heat
diffusion in a semi-infinite medium, suitable sample boundary
conditions should be strictly satisfied for reliable results. For
example, in blood flow velocimetry, the vessel wall should
be several diffusion lengths (say, 5 to 10) away from the endo-
scopic tip so that edge effect is negligible.63 This imposes
restrictions on the vessel size. So at 20 Hz, the vessel inner diam-
eter should be >200 μm to forbid thermal wave interference
effects. The thermal thickness condition for reliable fre-
quency-swept analysis, 1∕μa > μ, also limits the minimum ves-
sel dimension according to the lowest frequency considered. For
improved performance, a rigorous theoretical model for three-
dimensional heat diffusion around the PTE tip incorporating
scattering effects, pump beam divergence, effect of convection,
PA energy conversion, etc., with the current considerations
should be formulated. Another key parameter is the angle
between the flow direction and endoscopic axis. We made mea-
surements in a tube of 1-cm diameter for angles of 45 deg down-
stream, 45 deg upstream, and 90 deg with stream, the tip being
at the diametric center always. The observed variation in α was
about 3% and that in μa was negligible. A large diameter
tube was considered for minimizing viscous gradient in the
close vicinity of the PTE by maintaining equivelocity liquid
layers in that region.64 As an issue that needs special attention,
we have considered the influence of the metallic needle on ther-
mal diffusion in the glass fiber sensing tip. Thermal diffusion
length in glass at 20 Hz is about 80 μm.65 The grating is dis-
tributed over a length of ∼500 μm. We measured the amplitude
and phase of PT signal generated in black ink as a function of
the fiber length outside the needle (l). It was found that for l >
40 μm (approximately), the amplitude and phase were indepen-
dent of l. The usefulness of the PTE for optical BM biopsy has
been demonstrated, which is not practicable with conventional
PT or PA techniques especially when there is thick over layer of
soft tissue. Identifying the mechanism behind the observed
variation of μa and α with time does not fall within the
scope of this work. However, monitoring these parameters
for deep-seated and inaccessible organs is of considerable medi-
cal significance.
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