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In vivo hyperspectral imaging of skin malignant and benign
tumors in visible spectrum
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Abstract. The paper presents analysis of hyperspectral images for human skin cancer
pathologies diagnostics. Hyperspectral images data contained backscattered spectra of
normal skin and tumors. Analysis of hyperspectral images provided information about
hemoglobin and melanin content for the differentiation of malignant and benign skin
neoplasms based on tissues optical density calculation. It was shown that the accuracy
of cancerous tissues classification reaches 88% for proposed algorithm of hyperspectral
images analysis. The proposed approach may be a rapid and reliable tool for skin
oncological diseases screening. © 2018 Journal of Biomedical Photonics & Engineering.
Keywords: hyperspectral imaging; backscattering spectroscopy; oncodermatology;
oncological diagnostics; melanoma; nevi; carcinoma; melanin; hemoglobin content.
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1 Introduction
Malignant melanoma holds a special place among other
skin malignancies. It is the most aggressive skin tumor
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and it is responsible for more than 85% of all lethal
cases from malignant skin tumors. Skin melanoma is
uneven with the highest incidence rates for Australia
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and New Zealand (up to 40 cases per 100.000
population), the United States of America (up to 21.1
cases per 100.000 population), and some countries in
Europe [1]. In particular, in the United States in 2013,
the disease was detected in 76,600 Americans, while
35% of sick people were under 45 years old. In Russia
more than half a million new patients with malignant
neoplasms are detected each year, and 14% of them are
malignant skin tumors. Skin melanoma in Russia is less
common (about 8500 cases every year - 3.97 new
diseases per 100 thousand people), but also a high
annual incidence rate from 4.55 to 6.1% per year can be
stated for the last decade [2]. In Samara region a high
incidence rates of malignant neoplasms is observed about 446.6 new cases per 100.000 population. One of
the region features is a high incidence of skin tumors;
about 18.6% of all new cancers are skin cancers, and
Samara holds the first place in Russia according to this
index in 2015.
Skin melanoma is characterized by a variety of
clinical marks, and it is especially difficult to
differentiate melanoma from other skin tumors in the
initial stages of the disease. Potentially dangerous
pigmented skin tumors can be detected by more than
90% of the population during visual examination [3].
Hyperdiagnosis of melanoma leads to an unreasonably
high volume of surgical interventions and serious
cosmetic defects. Despite the significant progress
achieved in systemic drug therapy for skin melanoma,
the results of 5-year survival are still most dependent on
timely and effective diagnosis and adequate volume of
surgical treatment. Therefore, design of methods for
early skin cancers diagnostics remains in high demand.
Today common practice to increase accuracy of
first-hand inspection is dermatoscopy analysis of skin
neoplasms. Such an analysis provides the opportunity to
enlarge the standard ABCD rule [4] or 7-point checklist
[5] and involve additional criteria in suspicious skin
tissues inspection. For example, dermatoscopy analysis
may include monitoring of more specifically related
tumor features like atypical pigmentation and vascular
networks as well as so-called blue-whitish veil, which
represents a gray-white pattern with well perceptible
blue tone [6]. Unfortunately, the features' list has been
originally borrowed from epiluminescence microscopy.
In most cases, that means a special immersion interface
should be used to get high-quality images in contrast
with the ordinary ABCD rule or 7-point checklist,
which, in general, do not requires any refractive
equalization agents, but, nevertheless, may be improved
using these ones [7]. More precise techniques and
complex criteria require more trained and qualified
practitioners.
Thus, dermatoscopy opens up a new dimension on
clinical morphology of pigmented skin lesions and
enables well-trained physicians to improve their
diagnostic accuracy up to 65% [8]. The use of
dermatoscopy both improves clinical diagnostic
accuracy and increases the ratio of skin cancers to all
lesions biopsied or excised; moreover, this improvement
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is independent of the type of doctor using dermatoscopy
[9]. Also, dermatoscopy in the hands of physicians with
experience has higher discriminatory power than nakedeye examination to detect melanoma [10]. Despite all
the advantages, dermatoscopy analysis still requires
well-trained physician to handle every suspicious skin
neoplasm, and thus is not suitable for mass screening
applications. Further increase in accuracy of skin lesions
analysis may be performed with application of
spectroscopic and automatic analysis of acquired data,
as digital follow-up examinations and computer-aided
diagnosis provide the opportunity to perform precise
mass cancer screening without well-trained physicians.
As an alternative to the dermatoscopy a
hyperspectral imaging technique may be used. This
technique simultaneously allows for imaging of the
pathology area and spectral data acquiring. The tissue
image allows one to estimate tissue morphology and
allows for finding the stage of tumor growth, while the
spectral data allows one to make a conclusion about the
chemical composition of the tested tissue area.
Hyperspectral imaging (HSI) provides information
about the intensity of the reflected light at a range of
wavelengths at each surface point of the image. The
hyperspectral image is a three-dimensional array of
M × N × K data consisting of a sequence of K images of
M × N size, and each of these images corresponds to an
intensity of backscattered signal in the spectral band
λK ± Δλ at each point of tested object surface. The
applicability of multi- and hyperspectral imaging
techniques for the analysis of cancers in visible and NIR
ranges has been demonstrated in many studies [11, 12].
However, accuracy of various cancer pathologies
diagnosis with hyperspectral methods implementation
for the analysis of backscattering spectra is still remains
under consideration.
In this study, the HSI technique was used to
demonstrate the possibility of malignant and benign
skin tumors differentiation based on the backscattered
radiation analysis only in visible spectrum. In contrast
to existing methods for diagnosing melanocytic skin
tumors that use data on backscattered spectra in the
visible and IR regions (see, for example, Ref. [12]), it is
proposed to use data from backscattered spectra in a
relatively small band of visible spectrum of 520 - 670
nm. This approach makes it possible to simplify the
system of hyperspectral images recording, which
ultimately will reduce the cost of the equipment used in
screening surveys. The paper presents data about the
analysis of tissues optical density (OD), melanin and
hemoglobin content for skin malignant and benign
tumors, and application of melanin and hemoglobin
content data for skin tumors differentiating.

2 Materials and Methods
2.1 Hyperspectral imaging
Hyperspectral images of tissues were acquired with HSI
camera developed by the Scientific and Technical
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Center of Unique Instrumentation of Russian Academy
of Sciences (Moscow) [13]. The setup for hyperspectral
images registration is shown in Fig.1. The experimental
setup includes the LED source 1, illuminating the tested
tissue 2. Backscattered radiation 3 passes through the
collimator 4 and enters into the acoustooptic tunable
monochromator 5, controlled by an external computer 8.
The controller board 14 sets the operating mode of high
frequency generator 17 and amplifiers 15-16. The
generator 17 and the amplifiers 15-16 creates a high
frequency signal supplied to the acoustooptical cells 10
and 12 that generate acoustic waves of a certain
frequency. During the passage of an acoustic wave
through the acoustooptic cell, optical properties are
changed so a filtration of radiation wavelengths occurs,
and only radiation at wavelength λ reaches the matrix of
digital camera 7. The radiation at wavelengths, that
different from λ, changes direction of its propagation
and does not reach the camera. The optical system can
display images with spectral resolution up to 2.3 nm in
the range 450-750 nm. The data transfer protocol
provides the capability to obtain images with resolution
1360 × 1024px (the maximal increasing on scanning
area is 7 × 7 cm). Captured hyperspectral images of skin
tissues were from 5 × 5 cm to 7 × 7 cm and contained
tumor and healthy tissue area. For methodology
optimization, we choose 5 nm and 501 × 501px for
scanning step and registration area respectively during
the in vivo registration process of the patient's skin
hypercube. Thus, each sample is characterized by the
hypercube 501 × 501 × 61px. Backscattering spectra
were stimulated by white LED source located in a
distance of 40-50 cm from the tissue sample. The
obtained data has been processed in MATLAB R2014a.

Fig. 1 Scheme of skin hyperspectral images
experimental registration: 1 - broadband LED source;
2 - object; 3 - backscattered radiation; 4 - collimator;
5 - tunable monochromator; 6 – lens; 7 - digital camera;
8 - computer; 9, 11 13 - polarizers; 10, 12 acoustooptical cells; 14 - controller; 15, 16 - high
frequency amplifiers; 17 - high frequency generator.
There were 60 patients with skin cancers (38 female
and 21 male, all white, Caucasian, skin phenotype I and
II) enrolled in this study. A total of 10 basal cell
carcinomas (BCC), 12 malignant melanomas (MM) and
37 benign neoplasms (BN) (including 13 nevi, 4
gemangiomas, 2 inflammatory lipogranulomas, 8
keratosis, 1 Bowen disease, 4 keratopapillomas and 5
different inflammatory diseases) were studied. The
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detailed distribution of human skin lesions, including
information about tumor locations, is provided in Table
1. Every hyperspectral tumor study was accompanied by
histological analysis to make a final diagnosis. The
protocols of in vivo tissue diagnostics were approved by
the ethical committee of Samara State Medical
University. The institutional Review Board of Samara
National Research University approved the study
protocols. This research adhered to the tenets set forth in
the Declaration of Helsinki. Informed consent of each
subject was obtained.
Typical normalized spectra and tumor images
stabilization procedure may be found elsewhere [14,
15]. Generally, to obtain quantitative estimations of
various human skin tissues backscattered spectra we
used data about OD of skin tissues. The diffuse
backscattered reflectance from skin in spatial point (x,
y) may be characterized by OD on the selected
wavelength λ as:
!" !, !, ! = !"

!! !, !, !
,
! !, !, !

(1)

where I0 (x, y, λ) is backscatter intensity from the
background of light source, I (x, y, λ) is backscattered
intensity from the tissue sample. While the exact
determination of tumor type may be performed with OD
analysis based on above spectral bands:
!"! !, ! =

1
!! − !!

!!

!" !, !, ! !",

(2)

!!

where hemoglobin-related optical density ODH defined
for (λ1 = 530 nm, λ2 = 570 nm) and melanin-related ODM
for (λ1 = 600 nm, λ2 = 670 nm). Further, we calculated
mean ODH and ODM values for all studied tumors and
healthy skin. Allocation of tumor area was performed
on the basis of approach presented in our previous
studies [15]. Healthy skin region was chosen near the
tumor area with 1.5 – 2 cm indentation from the tumor
and included approximately 1 × 1 cm area of healthy
skin. Example of hyperspectral image with tumor and
healthy skin areas allocation as well as distribution of
ODM coefficient is presented in Fig. 2.
Discrimination of tumors was performed based on
two approaches. First approach took into account only
raw values of ODH and ODM coefficients, while second
approach used normalized ODNH and ODNM coefficients.
Normalization was performed as:
!"!! =

!"!!
,
!"!!

(3)

where ODTi and ODHi are ODi coefficients calculated
for one patient for tumor (index T) and healthy skin
(index H) areas respectively.
ODi coefficients were used for tissue classification
by discriminant analysis (DA). DA can separate two or
more classes based on different statistical parameters of
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Table 1 Summary of patients with skin tumors.
Lesion

Age

MM
BCC
BN

39-77
36-82
21-84

Gender
Male
4
6
11

Female
8
4
26

Gaussian distributions. The efficiency of the proposed
approach is characterized by sensitivity and specificity
and ability to select defined classes in different areas of
phase plane. The analysis of skin tissues data allocation
was performed using quadratic DA classifiers [16].

Fig. 2 Hyperspectral image of in vivo skin sample
containing MM (a) and healthy skin (b) regions (5 × 5
cm)

2.2 Diffuse-reflectance spectra measurement
For reflectance measurements a halogen lamp with
broad-band output spectrum (370-1050 nm) was
applied. Optical fiber probe R400-7-VIS-NIR (400um
Reflection Probe, VIS/NIR, 2m (Ocean Optics Inc.,
Dunedin, FL, USA) was used to deliver the light from
laser and lamp and to collect the diffuse reflectance
signals. The spectra were recorded and stored using a
fiber-optic microspectrometer (USB4000-VIS-NIR,
Ocean Optics, Dunedin, FL, USA). A personal
computer was used to control the system and to store
and display the data using the specialized
microspectrometer software SpectraSuite ("Ocean
Optics", Inc., Dunedin, FL, USA).
For reflectance measurement mode initial calibration
was carried out before every measurement. The portion
of the light reflected from a sample is expressed as a
percentage R [%] relative to a standard reflectance
(Spectralon®). The reflectance R [%] is calculated by
the following equation:
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chest/stomach
2
1
5

Rλ =

Location
neck/head
limb
4
5
1
6
9

Sλ − Dλ
×100%,
SRλ − Dλ

back
6
4
13

(4)

where Rλ is the reflectance [%], Sλ is the light intensity
reflected by the sample at each wavelength, Dλ the dark
intensity at each wavelength (correction signal for
detector dark current), SRλ the standard reference
reflectance intensity at each wavelength.
Spectroscopic measurements of normal skin and
lesion areas were carried out after 5-10 minutes of rest
for each patient at room temperature (23 to 25 ˚C).
Several spectra were measured from each suspicious
area and averaged to reduce the influence of
inhomogeneity of the lesions. It was recorded and
averaged five to seven spectra from every lesion,
depending on its size, and three to five spectra from
surrounding normal skin. These averaged spectra from
the health skin area were used like an indicator of the
spectral changes in the pathological areas. The spectra
were smoothed using the Savitzky-Golay algorithm in
order to reduce the instrumental noise of the
spectrometric system. A constant distance of 2 mm
between the end tip of the optical fibers and the skin
surface were applied, using a mechanical stand to avoid
any influence of displacement from the normal position
on the intensity level. All spectra were obtained at
normal incidence - at the 90o angle between optical
fibers end tip and skin surface. This geometry was
carefully reproduced in all measurements to minimize
diffuse reflectance intensity changes related to distance,
and reflectance spectral shape changes related to the
angle uncertainties during measurements.
Before every spectroscopic measurement a clinical
observation and dermatoscopic evaluation of the lesion
under interest was made. After these initial medical and
spectroscopic measurements a histological samples
were obtained from every lesion. The results from
histological examination were used as a “gold standard”
in comparison of all data obtained.
In this study we had included diffuse reflectance
results from 102 patients, distributed as follow: 39 benign nevi, 35 -dysplastic nevi, 28 - pigmented
malignant melanoma (nodular and lentigo MM).

3 Results and Discussion
In the visible region of the spectrum (400-800 nm), the
main chromophores of biological tissues are
hemoglobin and melanin, since proteins absorb
radiation in the shorter-wave and longer-wave regions,
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water in the longer-wave region, and fats have a local
absorption maximum near 750 nm [17, 18]. The
presence of such a transparency window of biological
tissues allows for studying the internal structure of a
thin surface layer of tissue with up to several
millimeters depth [19]. In this case, the dependence of
the extinction coefficient of melanin has a descending
shape in the 450 - 750 nm region, while hemoglobin
extinction coefficient in the same spectral region has
two local maxima near the 530 nm and 570 nm regions.
Moreover, upon transition to a longer wavelength region
(600-800 nm), the value of the extinction coefficient of
hemoglobin is much smaller and becomes several orders
of magnitude lower than extinction melanin in the same
region. Thus, to estimate hemoglobin and melanin
content in the skin we calculated ODH coefficient in 530
- 570 nm area and ODM in 600 - 670 nm area.
In diffuse-reflectance spectroscopy mode the most
significant differences are related to the influence of
skin pigments – melanin and hemoglobin from the
blood. They are responsible for the shape of the
reflectance spectra observed in the region of 350-1000
nm. On Fig. 3 are presented averaged, compared by
pathology type lesions vs. normal skin reflectance.
Malignant melanoma (MM) lesions (28 patients) had
the lowest reflectance intensity in the whole spectral
range in VIS-NIR region. The dysplastic nevi
reflectance is similar by intensity levels and could not
be easily separated by values from MM, but the spectral
shape differences observed, related to a reduced slope
values of the reflectance curve in the region of 600-900
nm is typical for the non-melanoma pigmented lesions,
while for a normal skin it is expressively negative by
value and strongly positive for all pigmented melanoma
lesions detected.
Thus, differentiation of pathologies from normal
tissues and distinguishing one type of tumor from the
other is possible with backscattered spectrum analysis in
the visible region, since it contains data on hemoglobin
and melanin content in skin tissues. In current study for
the differentiation of skin tissues we used values of OD
for melanin and hemoglobin content. Fig. 4 shows
distributions of ODH and ODM coefficients for BN and
malignant skin tissues. One may see that MM and BCC
have almost the same values of ODH. This fact proves
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our assumption about vast capillary network in
malignant tumors in comparison to BN, as BN
formations contain less blood according to Fig. 4 (a)
data. For melanin content (Fig. 4 (b)) we may note a
vast dispersion for BCC data, but this fact may be
caused by rather small number of studied BCCs. Also, it
is interesting to note that medians for ODH and ODM
distributions for all three studied skin classes (MM,
BCC and BN) have almost identical values.

Fig. 3 Diffuse reflectance spectra of melanin-pigmented
lesions vs. healthy skin tissue reflectance. Spectra are
averaged by the set of lesions of different pathologies
investigated and the standard deviation is presented as
error bars.
In general, application of ODH and ODM coefficients
shows accuracy of skin tissues classification on 55 – 60
% level. Increase of skin tissues classification accuracy
is possible with joint implementation of two criteria.
This approach may be implemented with phase plane
analysis. In separation of phase plane classes axes of the
plane are criterions of tissues classification, and every
tested sample is a point on the phase plane with
coordinates corresponding to the criterion values for this
tissue sample [20]. Phase plane analysis was performed
for ODH and ODM coefficients pair. Example of phase
plane analysis is shown in Fig. 5. Separation of BCC
and MM was performed with quadratic DA, axes of
phase plane in Fig. 5 are ODH and ODM.

Fig. 4 Whisker and box plots for ODH (a) and ODM (b) distribution of skin tissues.
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Fig. 5 Skin neoplasms separation on phase plane with ODH and ODM coefficients and quadratic DA: malignant
tissues vs BN (a) and MM vs BCC (b).

Fig. 6 Whisker and box plots for ODNH (a) and ODNM (b) distribution of skin tissues.

Fig. 7 Skin neoplasms separation on phase plane with ODNH and ODNM coefficients and quadratic DA: malignant tissues
vs BN (a) and MM vs BCC (b).
Both classifications presented in Fig. 5
(malignant vs BN and MM vs BCC) provides 68%
accuracy. Here sensitivity and specificity for malignant
vs BN classification are 82% and 54% respectively; and
sensitivity and specificity for MM vs BCC classification

J of Biomedical Photonics & Eng 4(1)

are 75% and 60% respectively. Rather low accuracy of
about 70% in skin tissues classification in comparison
with other optical techniques application for skin
pathologies analysis [21-23] may be caused by high
dispersion in melanin and hemoglobin content in skin
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for different persons. A number of studies demonstrates
a clear contrast between skin phototypes, skin sites, and
wavelengths for main skin chromophores concentrations
[24]. Thus, we may take into account initial variations
of skin properties and count these variations in ODH and
ODM coefficients calculation.
In order to account initial skin chromophores
concentrations we may normalize ODH and ODM
coefficients for tested tumors on the values of the same
coefficients for normal skin of the same patient. Details
of normalized ODNH and ODNM coefficients calculation
are presented in section 2.3. Fig. 6 demonstrates
whisker and box plots for ODNH and ODNM distributions
for skin tissues. Comparison of Fig. 4 and Fig. 6 shows
that normalization of ODH and ODM on the values of
normal skin helps to slightly improve the separation of
skin tissues classes based on melanin and hemoglobin
content calculation.
Application of ODNH and ODNM coefficients for skin
tissues separation helps to achieve about 60 – 70 %
accuracy, that is 5 – 10 % higher than for the ODH and
ODM coefficients implementation. Analysis of phase
planes for malignant and BN tissues separation and MM
and BCC separation is presented in Fig. 7. Here
separation of malignant and BN tissues is possible with
sensitivity and specificity of 64% and 73%
correspondingly and total accuracy of 69%. This
accuracy is almost the same as in the case of ODH and
ODM coefficients application. However, separation of
MM and BCC is possible with sensitivity and specificity
of 75% and 100% correspondingly and total accuracy of
88%. Additionally, it is interesting to note, that
separation of MM and BN is possible with 68%
accuracy for ODH and ODM coefficients, and with 74%
accuracy for ODNH and ODNM.
Comparing the proposed method with the previously
developed methods of MM instrumental detection [11,
22, 25, 26] one may say that the developed method can
compete not only with other hyperspectral methods of
analysis of biological tissues, but also with such types of
optical analysis of biological tissues as an
autofluorescence analysis and Raman spectroscopy.
Despite slightly less values of total accuracy for skin
tissues classification in comparison to Raman
spectroscopy study [21, 23], hyperspectral imaging
provides an ability to scan large tissue areas and detect
suspicious formations. Raman spectroscopy today
commonly used to measure tissue properties only in a
single point [27-29]. The proposed hyperspectral
imaging setup allows for achieving almost the same
results of MM and BN separation when compared with
hyperspectral techniques using data both from visible
and NIR spectra [12]. Although, to make a reliable
comparison of the results of the proposed method with
the data of other studies, more wide studies on the
registration and analysis of hyperspectral images of skin
tumors are required.
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4 Conclusion
The developed method of human skin tumors
differentiation may become a simple and reliable
approach for mass screening applications, as it allows
for quickly detection and classification of malignant
tumors with relatively inexpensive equipment.
Registration of tissue hyperspectral image is possible
within 15-20 seconds, so the proposed technique may be
used directly in clinics. In addition, in the proposed
approach, only the white LED light illuminator is used
as a radiation source. All of this makes the system used
in the study a reliable, quick and inexpensive device of
skin mass screening applications.
Comparison of the achieved results with the existing
hyperspectral methods of skin pathologies detection
[12] allows us to say that the developed approach makes
it possible to confidently detect malignant tumors and
uses for this purpose only the spectral response of the
skin in visible spectrum. Comparison of similar
approaches of skin tumors diagnostics using information
about backscattered radiation in the visible spectrum
[25] also supports the proposed experimental technique.
Dicker et al [25] applied hyperspectral imaging in the
visible spectra only for ex vivo diagnostics of pigmented
skin tumors, while the proposed method successfully
work with real patients in clinics. In addition, the
proposed method can become a part of a more complex
system of tissues optical monitoring. This may be done
by combining the results of the study with data obtained
by other optical methods [27, 30].
Further development of the proposed system is
possible in several directions. The first is to conduct
more wide in vivo studies both with samples of skin
tumors and with other human tissues samples to
establish the exact diagnostic capabilities of the
proposed technique. The second direction is the creation
of an automatic algorithm for the detection of tumors in
hyperspectral images, which would allow for
determining the tumor presence and analysis of tumor
type based on the data of backscattered spectra. Thus,
the proposed approach to mass screening of skin tumors
may significantly increase the accuracy of oncological
pathologies diagnosis during the “first-hand”
examinations in clinics.
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1 Introduction
One of the optical parameters that can be directly
measured for biological tissues is the average refractive
index of the tissue [1-15]. In the literature, one can find
estimates of the average refractive index for many types
of tissues (cornea, sclera, dermis, epidermis, brain tissue
etc.; see, e.g., [1, 2, 4, 7-13, 15, 16]). The average
refractive index depends on tissue composition and, in
particular, on the water content [1]. The water content is
one of the most variable and important tissue
parameters, and the possibility to evaluate it from the
measured values of the average tissue refractive index is
of great practical interest. However, to date direct
measurements of the average tissue refractive index as a
function of tissue water content have been made only
for a small number of tissues, e.g., muscle tissue [13,
15] and brain tissues [1, 16]. Of collagenous tissues, as
far as we are aware, reliable estimates of the average
refractive index as a function of water content were
obtained only for cornea [7], which is a tissue with a
very high water content – normal cornea contains about
76 wt % water and 15 wt % collagen [17]. In this paper
we present experimental estimates for the average tissue
refractive index as a function of water content for
tendon, a collagenous tissue with the highest normal
collagen
content—tendons
contain
typically
24–38 wt % collagen and 55–72 wt % water [18-20].
The experiments reported here were performed on rat
tail tendon (RTT) fascicles. Fascicles are secondary
collagen bundles of tendons [20-22]. Their composition
and collagen fibril packing are similar to those of
collagen fibers of dermis and sclera [17]. But fascicles,
whose diameter typically lies within the range from 250
to 500 µm, are tens times thicker than dermal and
scleral collagen fibers, which makes them quite
convenient for experimentation. Due to their relatively
simple structure, ease of extraction and manipulation,
and ready availability, RTT fascicles are a very popular
model object for studying physical and physiological
properties of collagen fibers and collagenous tissues.
For example, they are used in studying the effect of
immersion agents, which are employed in the
immersion optical clearing technique [23], on collagen
bundles (see, e.g., [24]). The quantitative data presented
here can be used in such studies as reference data. For
example, these data can be used for evaluating the
duration of the solely dehydration stage of the
immersion agent – biotissue interaction.

section area and refractive index of the sample in its
initial (native) state. The fascicle, being submerged in
NSS, was mounted, in a slightly stretched state, on an
object-plate using binder clips and covered with a
cover-slip. Then it was placed in the OCT beam path so
that the direction of the fascicle was perpendicular to
the B-scan direction in order to obtain an OCT-scan of
the cross-section of the fascicle (Fig. 1a). After that, the
cover-slip was removed, and the NSS was quickly
removed from the surface of the object-plate with a
filter paper. The (non-covered) sample was placed on
the OCT scanner stage in the same position as before in
order to monitor the sample parameters during its
dehydration in air at room temperature (Fig. 1b, c). To
estimate the parameters of the sample in the standard
air-dry state, the sample was allowed to dry for 1 hr at
105°C (Fig. 1d). For rehydration measurements, the
dried fascicle on the object-plate was surrounded by a
large amount of NSS and covered by a cover-slip.
One of the parameters that was traced in the
experiment was the coefficient of fascicle volume
change (volume factor)

k s = V V0 ,
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(1)

where V is the current value of tissue volume and V0 is
the volume of the tissue in the initial state. In our
experiments, the tendon fascicle with fixed ends
remained slightly stretched during both the dehydration
and following rehydration, i.e. the length of the fascicle
did not change. Therefore the volume factor can be
calculated as

k s = S S0 ,

(2)

where S and S0 are the values of the cross-section area at
the moment of measuring and in the initial state,
respectively.
The measured values of ks were used for estimating
the water volume fraction Cw in the tissue. By
definition,

Cw = Vw / V ,

(3)

where V is the volume of the tissue and Vw is the
volume of water in the tissue. On the assumption that to
a good accuracy

2 Methods
In order to determine the average refractive index of
RTT fascicles as a function of water content, we
monitored, using optical coherence tomography (OCT),
the cross-section area and average refractive index of
RTT fascicle specimens during their air-drying from the
native state to the air-dry state and in the process of
rehydration of dried specimens in normal saline solution
(NSS: aqueous solution of 0.9 wt % NaCl). A series of
measurements began with the measurement of the cross-

doi: 10.18287/JBPE18.04.010302

V = Vdry +Vw ,

(4)

where Vdry is the volume of the tissue in the dry state, it
follows from (1) and (3) that

010302-3

Cw ≈

k s − k sdry
ks

,

(5)
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Fig. 1 OCT-images of a transverse cross-section of an RTT fascicle (a) in normal saline solution (native state), (b) after
air-drying at room temperature for 1.7 min, (c) after air-drying at room temperature for 24 min, and (d) after air-drying
at 105oC for 1 hour.
where k sdry is the value of ks for the dry state. For the
native state, Cw = 1− k sdry .

where n0 is the group refractive index of the
surrounding medium (in our experiments, air or NSS).
We calculated the average group refractive index of the
specimen for the given cross-section as an average over
several (3 to 5) A-scan lines. The group refractive index
of the surrounding medium was calculated from
dispersion data for the phase refractive index of the
medium using the following common relation [27, 28]:

( )

ng λ0 = n p (λ0 ) − λ0

Fig. 2 Parameters used in the calculations of the average
group refractive index of the tissue from an OCT-image
of the specimen.
To estimate the average refractive index of the tissue
using OCT, we employed a common method [3, 7, 25,
26] in which the group refractive index and physical
thickness of the sample are determined from the
measured values of the optical path length lS = n1d,
where d is the physical thickness of the sample for the
given A-scan line and n1 is the average group refractive
index of the sample for this scan line, and shift ΔR of the
image of a reflecting surface arranged beyond the
sample with respect to its position in the absence of the
sample (in our experimental geometry, as in [26], the
role of this reflecting surface is played by the frontal
surface of the object–plate (glass substrate); see Fig.2).
In an example in Fig. 2, where an OCT-image of a
transverse section of an RTT fascicle is shown, apart
from a common scale factor, lS = |AB| and ΔR = |CD|.
Given lS and ΔR, the average refractive index of the
sample n1 for the A-scan line under consideration can be
calculated as

n1 =

n0lS
,
lS − Δ R
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dn p
dλ

,

(6)

λ = λ0

where np is the phase refractive index, ng is the group
refractive index, and λ0 is the central wavelength of the
probing radiation in vacuum. For the OCT-system that
we used, ThorLabs-OCP930SR, λ0 = 930 nm. We took
ng (930 nm) = 1 for air and ng (930 nm) = 1.3416 for
NSS. The phase refractive index of NSS was assumed to
be approximately equal to the phase refractive index of
water. For water, we used the dispersion data reported
in [29], which gave the mentioned value of 1.3416.
The area S [see(2)] was calculated using the formula

S=

SOCT-pix k pm2
ngt

,

(7)

where SOCT-pix is the area of the specimen cross-section
in the OCT-image in pixels, k pm2 is an instrument scale
factor (in our case, k pm2 = 1.2632 ⋅10 −5 mm2/pixel), and

ngt is the value of the average group refractive index of
the specimen calculated from the OCT data for this
cross-section as described above. To find SOCT-pix we
used the open-source image analysis software Icy [30].
An example of the measured time-dependences of
the volume factor ks (2) and the average group refractive
index of the tissue in the process of air-drying for a
sample of RTT fascicle is presented in Fig. 3. It is
clearly seen that the shrinkage of the tissue due to water
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loss is accompanied by an increase in its average
refractive index.
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rehydration. From Fig. 5, it can be seen that the data for
different samples are in good agreement, as are the data
for drying and rehydration of sample 4.

Group refractive index

1.44

1.43

1.42

1.41
0.1

1

10

100

Time (hr)

Fig. 3 Change of the volume factor ks and average
refractive index ng of an RTT fascicle specimen during
air-drying at room temperature.
Since the samples were relatively small in size, the
boundaries of the sample and the upper boundary of the
object-plate under the sample were clearly visible in
OCT images even when the sample was in the native
state, and their position could be determined with good
accuracy. This ensured high accuracy of cross-section
area measurements, which is confirmed by a small
scatter of points in ks vs time plots (as an example see
Fig. 3). At the same time the samples were sufficiently
thick for the relative accuracy of group refractive index
measurements to be of the order of 0.3–0.5%.

3 Samples
Fascicles were excised from the tails of mature rats
within one hour after decapitation, then immediately
immersed in NSS. All refractive-index measurements
were performed on fascicles ranging in diameter from
300 to 400 µm. The storage time of samples in NSS
before they were used in experiments did not exceed
7 days. No statistically significant change (Friedman
test, probability value p = 0.32) in the average refractive
index of RTT fascicle specimens was observed during
7-day storage in NSS (see Fig. 4).
The studies were approved by the Ethics Committee
of Saratov State Medical University (Saratov, Russia).

Fig. 4 Time and intersample variation of the measured
refractive index for RTT specimens stored in normal
saline solution (NSS). Abscissa: time of sample storage
in NSS. The squares of the same color correspond to the
same RTT fascicle specimen. The crosses correspond to
different specimens. The red dash line shows the
average value of ng over all experimental points on this
graph.
An average value of ng for RTT fascicles in the
native state was found to be 1.423 ± 0.003 (mean ± SD;
12 samples). This value is shown by the black triangle
in Fig. 5. An average value of k sdry was 0.323 ± 0.003
(mean±one-half of the range; 3 samples), and,
consequently, the average volume fraction of water for
fascicles in the native state can be estimated as
0.677 ± 0.003 [see (5)]. Taking 0.677 ± 0.003 for Cw and
1.34 for the specific gravity ρdry of the dry tissue [31],
we may estimate the average weight water content for
the samples in the native state as 61 ± 0.3 wt %.
In Fig. 6, the measured values of ng for RTT are
plotted against the volume water fraction Cw, Cw being
calculated by (5) at k sdry = 0.323. Kim et al. [7]
reported the measured values of the group refractive
index as a function of a hydration parameter H for
bovine cornea at λ0 = 819.9 nm. The hydration H of
tissue is defined as the ratio of the weight of water to the
dry weight. Having calculated Cw from H as

4 Results and discussion
Fig. 5 shows the measured dependences of the average
refractive index, ng, on the volume factor ks for four
samples of RTT fascicles, samples 1, 2, 3, and 4. The
OCT data for sample 1 were collected during 30 min
when this sample was dried at room temperature.
Sample 2 was dried at room temperature for 2 hr, then
held for 1 hr at 50°C, and finally held for 1 hr at 105°C.
Sample 3 was dried for 40 min at room temperature and
then for 1 hr at 105°C. Sample 4 was first dried at room
temperature for 20 min and then placed in NSS for
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Cw =

H ρdry
1+ H ρdry

(8)

at ρdry = 1.34, we transferred the experimental data for
cornea [7] to Fig. 6 for comparison. It can be seen from
the figure that the data for tendon and cornea fit rather
well.
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ng = 1.5713 − 0.1969Cw − 0.0328Cw2

1.58

(9)

1.56

(Fig. 6). The coefficients of this expression were found
by the least squares method under the additional
conditions that ng(Cw) must be equal to the group
refractive index of water nw = 1.3416 at Cw = 1 and to
the reliable estimate ng = 1.423 at Cw = 0.677 (native
state). At Cw = 0, approximation (9) gives ng = 1.5713,
which is close to the measured values of the group
refractive index for the dry state, ndry. We estimated the
accuracy of this and subsequent approximations using

Group refractive index

1.54
1.52
1.50
1.48
1.46
1.44
1.42
1.40
0.3

0.4

0.5

0.6

0.7

0.8

0.9

1.0

1.1
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ks

the parameter σ fit = rss / n , where rss is the residual

Fig. 5 Group refractive index of RTT fascicles vs
volume factor ks. The blue squares (■) show
experimental points (ks, ng) for sample 1 (air-dried at
room temperature). The red symbols (■, ▲, ○) represent
the data for sample 2: the squares (■) are the points
obtained during air-drying at room temperature; the
open circle (○) and solid triangle (▲) show the points
obtained on air-drying at 50°C and 105°C, respectively.
Purple symbols (■, ▲) show the data for sample 3: the
squares (■) are for air-drying at room temperature, and
the triangle (▲) is for air-drying at 105°C. The green
symbols (■, □) are for sample 4: the solid squares (■)
are for the stage of air-drying, and open squares (□) are
for the stage of rehydration (80 min). The black triangle
(▲) shows the average value of ng of RTT fascicles in
the native state (over 12 specimens).

Fig. 6 Group refractive index of RTT fascicles vs
volume water content Cw. The symbols are the same as
in Figure 5. The crosses (×) represent the experimental
points for bovine cornea [7] (λ0 = 819.9 nm). The solid
line (──) and cyan dash-dot (− • −) line represent
respectively the approximating quadratic (Eq.9) and
linear (Eq.10 with ndry = 1.576) polynomials to the data
for RTT. The orange dash line (– – –) is the straight
line (Eq.10 with ndry = 1.594) passing through the points
(Cw, ng)=(1, 1.3416) (water) and (0.677, 1.423) (the
average for the native state of RTT).
The experimental data for RTT
approximated by the quadratic polynomial
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are

sum of squares and n is the number of experimental
points. For approximation (9), σ fit ≈ 5.4⋅10–3. When
approximating the experimental data by a linear
function

(

)

ng = 1− Cw ndry + nwCw ,

(10)

which corresponds to the Gladstone-Dale law [23, 31,
32], with given nw = 1.3416, σ fit is minimum (about
6.7⋅10–3) when ndry = 1.576 (Fig. 6, cyan line). This
approximation gives a significantly underestimated
value of ng (1.417) for the native state. The
approximation of the RTT data by the straight line
passing through the points (Cw, ng) = (1, 1.3416) (water)
and (0.677, 1.423) (native state), the red line in Fig. 6,
ensures a rather good accuracy for the range
0.52 ≤ Cw ≤ 1 ( σ fit ≈ 4⋅10–3) but gives a significantly
overestimated value for ndry (1.594). The significant
deviation of the actual ng(Cw) curve from this
approximating line in the region Cw ≤ 0.52 may be
attributed to a change of the mode of hydration. In the
literature, two modes of collagenous tissue hydration are
distinguished [33-36]. For relatively high values of H
(H > Hc, where Hc is a critical value, the so-called
fibrillar saturation point [35]), changes in the total water
content in the tissue lead to changes of the water content
in extrafibrillar space while the water content in
collagen fibrils remains unchanged [7, 33-36]. In the
alternative mode (H < Hc), changes in the total water
content are accompanied by changes in water content
both in collagen fibrils and extrafibrillar space [33-36].
For RTT, Hc ≈ 0.82 [32, 35], which corresponds to
Cw ≈ 0.52.
Fig. 7 shows the dependence of the phase refractive
index np of RTT on Cw. The phase refractive index was
calculated using approximating function (9) and Eq. (6)
on the assumption that

well
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dn p
dλ

(

= 1− Cw
λ = λ0

)

dndry
dλ

+ Cw
λ = λ0
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dλ

.
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The values of dndry / d λ and dnw / d λ were calculated

5 Conclusion

from the dispersion data for gelatin [37] and water [29],
respectively. We did not find in the literature any
reliable experimental data on the wavelength
dependence of the phase refractive index of dry collagen
in the spectral range under consideration. Gelatin is
known to be produced by partial hydrolysis of animal
collagen and to have a very similar chemical structure to
collagen. For this reason, we used the available data for
dry gelatin. For the phase refractive index of gelatin we
used
the
dispersion
formula
2
8
4
n = 1.53 +1788 / λnm + 5.73⋅10 / λnm , where λnm is the

The average group refractive index of RTT fascicles has
been measured as a function of water content using
OCT. For the native state, this refractive index has been
found to be 1.423 ± 0.003 at a wavelength of 930 nm. In
the range 0.52 ≤ Cw ≤ 1, the average group refractive
index of RTT fascicles has been found to change almost
linearly with Cw. Over the entire range of Cw values,
0 ≤ Cw ≤ 1 , the experimental data are well fitted by the
quadratic polynomial (9).

numerical value of the wavelength λ in nanometers
[37].

Disclosures
The authors declare that there are no conflicts of interest
related to this article.

1.60

Acknowledgements

Phase refractive index

1.55

The study was supported by the Russian Ministry of
Education and Science, Project 3.1586.2017/4.6.

1.50

1.45

1.40

1.35

1.30
0.0

0.1

0.2

0.3

0.4

0.5

0.6

0.7

0.8

0.9

1.0

Cw

Fig. 7 Tentative estimate of the average phase refractive
index of RTT fascicles as a function of volume water
content.

J of Biomedical Photonics & Eng 4(1)

010302-7

31 Mar 2018 © JBPE

INTRODUCTION

doi: 10.18287/JBPE18.04.010101

Introduction to the Special Section on Laser and optical technologies in
biomedicine and ecology
We are pleased to present the Special Section of the Journal of Biomedical Photonics &
Engineering, which focuses on laser and optical technologies for biomedical and ecological
applications. The Special Section contains the selected papers from the XV all-Russian Youth
Samara conference-contest on optics and laser physics (Samara, November 14-18, 2018) in
particular the papers from the Biophotonics Workshop.
The conference-contest on optics and laser physics was organized by P.N. Lebedev Physical
Institute (Samara Branch) and Samara National Research University and supported by Russian
Foundation for Basic Research (grant No. 17-32-10263), Administration of Samara Region and
SPIE Samara Student Chapter. The Special Section of J-BPE introduces you to the major current
issues of laser and optical technologies in biomedicine and ecology discussed at the Conferencecontest.
The paper of Elena M. Artemina and co-authors is devoted to the study of normal and
pathologic human skin samples using low-coherence reflectometry and scanning speckle
polarimetry. The authors have demonstrated efficiency of the techniques for monitoring of
pathological structural changes of human skin as well as the analysis of the influence of immersion
clearing agents.
The study of Andrey A. Leonov and co-authors has an ecological focus. The authors proposed a
new chemosensor structure for registration of metal ions contained in aqueous solutions. A
hydrophilic polymer modified by a special ion-sensitive indicator is the base of the device. The
presence of metal ions leads to changes in the characteristics of luminescence, providing a sensor
response and allows to detect relatively low concentrations of nickel ions in water.
Knowledge of the refractive index of blood is important, for example for simulation of light
distribution in the blood-saturated tissues, for diagnostic and dosimetry of that tissues. It is known
that blood is extremely turbid medium with high anisotropic factor, scattering and absorption
coefficients in the visible region. That’s why the development of indirect techniques of
determination of blood refractive indexes are actual and practically important. Ekaterina V.
Lazareva and Valery V. Tuchin presented the technique for modelling of blood refractive indexes
on the base of the measured values of refractive indexes of water solutions of haemoglobin and
albumin.
Anna V. Neupokoeva and co-authors used the probe microscopy method for 3D analysis of
crystallograms of biological fluids after laser impact. The authors studied the effect of laser
radiation of different wavelengths and doses on the solution of the Grippoferon and the aqua
solution of medical conserved bile. Those solutions were used as model media to confirm the laser
effect on the size of macromolecular clusters. Not only qualitative but also quantitative changes of
3D crystallograms after laser impact can be determined using a probe microscope.
Laser hyperthermia with the use of sensitizers is the promising high sensitive technique for
tumor destruction. Gold nanorods are used as sensitive agents by Vadim M. Genin and co-authors.
They studied the heating kinetics in model tumors and surrounding skin depending on the
concentration of gold nanoparticles as well as tissue vascularization. The results were directed on
the optimization of the nanorods injection procedure into the tumor for its selective and effective
destruction.
Development of portable diagnostic fluorimeter, proposed earlier, for detecting the advanced
glycation end products in skin is presented in the paper of Vladimir N. Grishanov and co-authors.
The authors demonstrated that measurements of the skin-scattered radiation in the visible spectral
region using pulsed sources of radiation allow to reduce individual variability of the integral
diagnostic parameter. Besides, some technical improvements of the fluorimeter were performed.
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Thus, the papers of the Special Section demonstrate successful and promising applications of the
optical and laser technologies for solution of biomedical and ecological problems.
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Low-Coherence Reflectometry and Speckle Polarimetry in
the Monitoring of Human Skin Pathologic Changes
Elena M. Artemina1*, Sergey A. Yuvchenko2, Marina V. Alonova2, Dmitry A. Zimnyakov2,
and Sergey R. Utz1
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Abstract. We present the results of the study of normal and pathologic human skin
using low-coherence reflectometry and speckle polarimetry. The statistical
characteristics of local polarisation states in the individual coherence areas (speckles) of
the forward scattered laser radiation demonstrate high sensitivity to the pathologic
changes of the biotissue morphology in vitro. The analysis of the attenuation rate of the
low-coherence reflectometer signal depending on the probing depth provides additional
information for the identification of skin morphologic changes and the analysis of the
effect of immersion agents on the biotissue optical properties. © 2018 Journal of
Biomedical Photonics & Engineering.
Keywords: surface epidermis strip; polarisation diagnostics of biotissues; optical
clearing of biotissues; optical coherence tomography.
Paper #3267 received 18 Dec 2017; revised manuscript received 18 Feb 2018; accepted for publication
18 Feb 2018; published online 20 Mar 2018. doi: 10.18287/JBPE18.04.010501. [Special Section. Workshop
“Biophotonics” of the XV all-Russian Youth Samara conference-contest on optics and laser physics].
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1 Introduction
Optical probing of biological tissues in vivo and in vitro
is presently one of the most intensely developed
approaches to the characterisation of morphologic and
functional condition of biotissues and its change in the
course of therapeutic impact. It is traditional to estimate
the local values of optical transport parameters of the
tissue (the scattering coefficient, the absorption
coefficient, the scattering anisotropy parameter) in the
probed region [1, 2]. However, in spite of the euphoria
related to the possible application of optical radiation to
the morphologic and functional diagnostics of
biotissues, it is somewhat restricted by the complexity
of interpretation of the resulting empirical data. In the
case of probing with coherent or partially coherent
radiation (e.g., laser polarimetry or optical coherence
tomography), the difficulties are caused by the
stochastic interference of the probing radiation in the
biotissue, which is a multiply scattering randomly
inhomogeneous medium [3-5]). The interference gives
rise to speckle modulation of the probe radiation that
decreases the signal-to-noise ratio in the process of
probing and reduces the biotissue probing depth. Note,
that the effect of speckle modulation of the probing
laser radiation can play not only a negative role, but also
a positive one in the optical biomedical diagnostics. A
typical example are speckle correlation methods applied
to monitor the microhaemodynamics in biotissues [1, 2,
6, 7-9]. Thus, additional information on the
morphologic and functional condition of the biotissue
under diagnostics can be extracted not only by analysing
the attenuated non-scattered (“coherent”) component of
the probing radiation and the components caused by
low-multiplicity scattering, but also by estimating the
statistical and correlation properties of multiply
scattered speckle modulated “noise” component.
The aim of the present paper is to develop such
approach in application to the monitoring of structural
changes of human skin caused by different pathologies
using the methods of scanning speckle polarimetry (for
skin samples in vitro) and low-coherence reflectometry
(for skin in vivo).

2 Experimental technique
We carried out the experiments in vitro and in vivo with
human skin samples in the normal condition and with
different kinds of pathologies. The in vitro samples
(surface strips of epidermis (SSE)) were taken in the
outpatient and inpatient setting of the Clinic of Skin
Diseases, Saratov State Medical University named after
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V.I. Razumovsky from 20 patients with different
dermatoses (lichen ruber planus, alopecia, discoid lupus
erythematosus, psoriasis, demodicosis, scabies) aged
18-60 years, and from 10 healthy persons aged 20-40
years.
To get the SSE we used the technique described in
Ref. [10] that comprises several steps. A drop of
medical glue was applied to a microscope slide
preliminarily washed in the (1:1) mixture of spirit and
ether. The slide was applied to the skin and tightly
pressed towards it. In 30 seconds, the slide was
carefully removed. The medical autosterile nontoxic
Sulphacrylate glue (Institute of Catalysis, Siberian
Branch of the Russian Academy of Sciences,
Novosibirsk) provided firm adhesion between the slide
and the epidermis surface that prevented the skin
traumatisation. After stripping, the epidermis fragment
appeared to be toughly fixed on the glass forming a firm
thin film. The material was multiply taken from the
same skin area until the appearance of point bleeding. In
the process of the study and after it, no side reactions
caused by the use of the glue were revealed.
From 9 to 15 skin strip samples with each type of
pathology, 3-5 samples 20-80 µm thick from each
person, were prepared. The thickness and the surface
area of the samples depended on the specific changes of
skin structure caused by the particular pathology, as
well as on the localisation of the lesion site and the
individual characteristics of the patient. Thus, for the
samples of skin affected by psoriasis and discoid lupus
erythematosus the thickness amounted to 60-80 µm, and
for those with alopecia it was 20-35µm. The rest
samples, including healthy skin, possessed the thickness
40-60 µm. Samples of healthy skin were taken from one
zone of the body (the inner side of forearm). The
surface area of the samples varied from 0.7 to 2 cm2.
The samples of pathologically changed skin were
taken from the patients in the stage of clinical
presentations (scabies and demodicosis) or exacerbation
of chronical diseases.
A schematic diagram of the laboratory scanning
speckle polarimeter is presented in Fig. 1.
As a source of radiation we used the He-Ne laser 1
GN-2P ( = 633 nm, P = 2 mW, linear polarisation).
The focusing of laser radiation on the sample and the
subsequent collimation of non-scattered component of
the probing radiation was implemented using the
telescopic system of two microscope objectives О1 and
О2 (8 and 10 ) with conjugate focal planes, in which
the studied sample 4 was placed. The polarisation state
of the forward-scattered probing radiation output from
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Fig. 1 Schematic diagram of the experimental setup. 1 – He-Ne laser; 2 – telescopic system of two microscope
objectives О1 and О2; 3 – single-coordinate micropositioner; 4 – sample under study; 5 – measuring head of
the polarimeter PAN5710VIS; 6 – polarimeter on the platform TXP 5004; 7 – PC.
the microscope objective О2 was analysed using the
polarimeter TXP5004 – PAN5710VIS (Thorlabs, USA).
The optical field in the receiving aperture of the
polarimeter head 5 was a superposition of the attenuated
non-scattered component and forward-scattered
components with different multiplicity of scattering.
The used optical scheme allowed the registration of the
probing radiation components scattered forward at small
angles to the axis of the laser beam. As a result, in the
detection zone large-scale speckles were produced, their
mean size being comparable with that of the polarimeter
photodetector aperture. The scanning was performed
with the step 5 µm, which in our case provided the
statistical independence of local realisations of the
scattered field in the detection zone at each step.
In the scanning speckle polarimetry, the values of
excentricity ε i and azimuthal angle ϕ i of the local
polarisation ellipses in the analysed region of the
scattered light field at each scanning step were used as
recorded parameters. The azimuthal angle of the local
polarisation ellipse is defined as the angle between the
major axis of the ellipse and the polarisation vector in
the probing beam. In the used speckle polarimeter the
values of the polarisation parameters were determined
with the error ±0.01° for the azimuthal angle and ±0.001
for the excentricity. The sets of ε i and ϕ i values
obtained as a result of scanning were subjected to the
frequency analysis; besides that using the obtained
values the first- and second-order statistical moments
were calculated for the excentricity and the azimuthal
angle. These parameters were chosen because the
obtained empirical distributions of ε i and ϕ i allow
clear identification of the contribution of different
processes into the formation of local polarisation states
of the detected scattered field. In particular, multiple
scattering leads to the homogeneous broadening of the
azimuthal angle distribution, if the initial non-scattered
probing beam is described by delta-function
ρ ( ϕ ) = δ ( ϕ ) . At the same time, the presence of
structural anisotropy or optically active components in
the tissue layer will lead to a shift of the distribution
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relative to the point ϕ = 0. Since all obtained results
were processed, the possible individual differences were
taken into account.
Analogously, the distribution shape for the
excentricity of local polarisation ellipses, characterised
by negative asymmetry coefficient is determined by the
mean multiplicity of scattering of the probing radiation
in the tissue layer. The variance of the local excentricity
values monotonically grows with the increase of the
scattering multiplicity. It is also worth noting that the
values of the normalised components of the Stokes
vector s1 , s2 , s3 , commonly used as detected parameters
in the traditional polarimetry of biotissues can be
calculated from the sets of ε i and ϕ i values, obtained in
the course of our experiment. On the other hand, the
traditional polarimetry based on the characterisation of
the probed biotissue using all elements of the Mueller
matrix or some part of them, restored from different
input and output values of s1 , s2 , s3 , is rather labourconsuming and often makes the resulting data
interpretation problematic.
In the clinical studies in vivo, the method of lowcoherence reflectometry (LCR) was used. The method is
based on the quantitative analysis of the attenuation of
the mean signal output from a low-coherence
interferometer, used to probe the biotissue, depending
on the probing depth. As tools for LCR diagnostics one
can use various modifications of optical coherence
tomographs. In this case, the analysed signal is formed
as a result of averaging over a sample of adjacent Ascans in the zone of probing. In contrast to the
traditional OCT diagnostics, mainly based on the
qualitative comparison of the OCT images with
histologic data, the LCR method, as shown below,
implies the comparison of the obtained quantitative
characteristics of the damped signal with the data on the
structure and optical properties of the tissues.
The LCR probing was conducted both with the
diagnostic purpose and with the purpose of choosing an
optimal immersion agent for optical clearing of superior
skin layers in the phototherapy of lichen ruber planus
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(LRP). 30 patients with manifestations of LRP aged
from 18 to 65 years took part in the study. Different
clearing agents (glucose, 1,2-propylene glycol, glycerol,
oleic acid) were applied to their skin. We have chosen 4
elements in each individual patient, similar in
magnitude and size and located in the same anatomic
region (the most frequent localisation of skin rash was
the flexion surface of forearm). Then, to enhance the
penetration of the clearing agent through the stratum
corneum, the affected areas were treated with the
solution of ethanol. To enhance the transcutaneous
penetration and to prevent the draining, the immersion
agent was applied to the elements under occlusion
(polyethylene film). The LCR probing was carried out
in each element in the process of clearing (in 5-15-3060 minutes).
As a low-coherence reflectometer, we used the
optical coherence tomograph OSC1300SS with
frequency sweeping (Thorlabs, USA) having the central
wavelength 1325 nm.
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spread of individual physiologic features of the patients
in the group.
For example, Figs. 2 and 3 present the histograms of
the local values of excentricity and azimuthal angles of
the polarisation ellipses obtained as described above in
the samples of normal skin (a) and pathologic
(psoriasis) skin in vitro (b).
In the samples of skin affected by psoriasis (Figs. 2b
and 3b) we can see homogeneous broadening of the
azimuthal angle distribution with minor shift towards
the region of positive values and the monotonic
decrease of the relative frequency of excentricity values,
the modal value of the relative frequency being equal to
1. These results are in qualitative agreement with the
experimental and theoretical data on the transformation
of the polarisation state of light, propagating through
isotropic multiply scattering media (see, e.g., [12]).

0,3

3 Experimental results and discussion
In the process of using the scanning speckle polarimetry
the sample volumes for the values of excentricity and
azimuthal angle of local polarisation ellipses recorded
by scanning the skin strips amounted to 1000-2000
values for each skin sample. In the process of the data
statistical processing, the frequency analysis was carried
out for each scan, after which the obtained distributions
of relative frequencies for the values of excentricity and
azimuthal angle were averaged over different data sets
obtained for one person (see the section “Experimental
technique”). In the process of frequency analysis, the
number of intervals for grouping the obtained data in
the region from the minimal value to the maximal one
was chosen to be 18. This value is somewhat smaller
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than N (where N is the sample volume), proposed
in Ref. [11] as a rational choice of the optimal number
of intervals for the frequency analysis. The number of

0,20
0,15
Ni/N

intervals smaller than N leads to the coarsening of
the obtained histograms, and the greater numbers
increase the uncertainty related to the possibility of
“empty” intervals. Thus, in our analysis we have made a
choice in favour of coarser estimates of the distribution
of relative frequencies over the intervals. At the next
stage of the analysis, the averaged frequency
distributions obtained for each patient with the given
pathology were averaged over the group of patients
possessing this pathology. Thus, in the course of
processing the results of speckle polarimetry, the
obtained data were averaged twice, first, for each
individual and, second, for the group of individuals. To
our opinion, such approach essentially enhances the
robustness of the obtained empirical data. Note also that
the root-mean-square deviations of the minimal and
maximal values of the excentricity and the azimuthal
angle from the appropriate mean values for one patient
did not exceed 20%. For a group of patients the similar
quantity amounted to 32%, which is caused by the
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(b)
Fig. 2 Histograms of the local values of the polarisation
ellipse excentricity for the epidermis of the in-vitro
samples of normal skin (a) and the skin affected by
psoriasis (b).
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absolute value are typical. The samples of skin affected
by alopecia are characterised by considerably expressed
bimodality of the azimuthal angle frequency distribution
at the maximal absolute value of ϕ . The mean
excentricity values for the studied samples lie in the
interval from 0.92 to 1, and the samples can be
confidently divided into two groups, with ε > 0.96
and with ε < 0.94.
Such approach to the identification of pathologically
affected skin samples in vitro using the scanning
speckle polarimetry is illustrated by Fig. 4, where the
mapping points corresponding to the normal and
pathologic skin samples are presented in the coordinate
system “mean azimuthal angle - mean excentricity of
polarisation ellipse”.

(a)

(b)
Fig. 3 Histograms of the local values of the polarisation
ellipse azimuthal angle in the epidermis samples of the
normal skin in vitro (a) and in the case of psoriasis (b).
On the other hand, one can see qualitative
differences of the obtained results for the normal skin,
namely, the bimodal character of the azimuthal angle
histogram with essential shift of the minor mode
towards the region of negative values, as well as the
shift of the modal value of the excentricity to the region
of small values. These features allow us to suppose that
such samples possess a certain type of structural
anisotropy. This hypothesis requires additional detailed
studies.
As quantitative characteristics of the above
peculiarities of the frequency distributions of the local
values of the excentricity and the azimuthal angle one
can consider the mean values ε and ϕ . Using this

Fig. 4 Mapping of pathologic conditions of human skin
epidermis for different diseases in the system of
coordinates “mean value of the azimuthal angle - mean
value of the polarisation ellipse excentricity” (obtained
from the data of speckle polarimetry).
In the case of low-coherence reflectometry of human
skin in vivo using the optical coherence tomograph as an
instrumental base, the analysis of the recorded OCT
signals was performed as follows.
At the first stage for the region chosen for probing
we determined the damping LCR signal I r ( z ) (where z
is the probing depth) by averaging over a group of 30
adjacent A-scans recorded by the optical coherence
tomograph. As a result of the averaging, the noise
speckle modulation of A-scans was reduced to the level
acceptable for further analysis. The reconstructed LCR
signal is a superposition of diffuse and low-multiplicity
scattered components of the probing radiation
backscattered by the layer of tissue that can be
presented as

approach the studied samples of skin strips can be
divided into two groups. The first group is characterised
by symmetric and asymmetric distributions of the
azimuthal angle at small ϕ , and for the second group
the negative values of

ϕ

with sufficiently large
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()

()

()

(1)

I r z ≈ I dr z + I sr z ,

()

()

where I dr z is the diffuse signal component, I sr z is
the
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theoretical analysis of the dependence of the diffuse
component decrease rate on the probing depth,
performed within the frameworks of the diffusion
approximation of the radiation transport theory, and the
comparison of the obtained theoretical data with the
dependence of LCR signals on z observed
experimentally have led us to the conclusion that under
the used conditions of probing I dr z << I sr z . In turn,

()

()

()

the component I sr z can be presented in the form

()

()

(

)
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case, we estimated the values of µ t that determine the
exponential trend of the recorded LCR signals at
different moments of the immersion agent impact. 30
patients with lichen ruber planus took part in the
experiment with each immersion agent. Since the values
of µ t obtained from the LCR probing at the initial
moment of the optical immersion in different patients
lied in the interval from 80 cm-1 to 120 cm-1 (depending
on the age, sex and other factors), for the
characterisation of the immersion efficiency we used the

() ( )

(2)

normalised values µ t t µ t 0 , averaged over a group

where Qbs z is the backscattering efficiency factor of

of patients. Figure 6 presents the results of the study of
the efficiency of immersion agents that allowed the
choice of 1,2-propylene glycol as the most efficient
clearing agent for the phototherapeutic applications in
dermatology.

I sr z ∝ Qbs z exp −2µ t z ,

()

the studied tissue at the depth z , µ t is the biotissue
extinction coefficient averaged over the probed volume.
At the next stage of the processing, the exponential

(

)

trend exp −2µ t z was extracted from the LCR signal
using the least square method. The value of µ t was
determined for the probed region and the trend was
removed
according
to
the
procedure

()

( )

()

I r z exp 2µ t z ∝ Qbs z . The obtained function is

proportional to the depth distribution of the
backscattering efficiency factor and can be used both for
the quantitative analysis of morphologic features of the
biological tissue and for its visualisation. Note that the
value of µ t obtained as a result of trend determination
can be also used for the quantitative characterisation of
the biotissue in the region of probing.
The application of this approach using the LCR
probing of skin affected by lichen ruber planus with
tissue clearing by means of 1,2-propylene glycol and
without it is illustrated in Fig. 5. Figure 6 presents the
depth distributions of LCR signals for the affected skin
region before the beginning of optical immersion and in
30 minutes after the application of the immersion agent
with the corresponding exponential trends. The
immersion was implemented by applying the agent to
the surface of the affected region. Figure 6,b shows the
reconstructed distributions of the normalised values of
the backscattering efficiency factor Qbs z (the values

()

(a)

()

were normalised to the maximal value of Qbs z in the
probed region before the application of the immersion
agent). In the reconstructed distributions Qbs z one can

()

clearly identify two zones associated with the epidermis
and the papillary layer of dermis, characterised by more
intense backscattering (at the depths from ≈ 100 µm to
≈ 350 µm and from ≈ 400 µm to ≈ 650 µm).
One more example of the application of the
developed approach is the estimation of the efficiency
of the skin optical clearing in vivo for different
biologically harmless immersion agents. In the present
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(b)
Fig. 5 The recorded LCR signal (a) and the normalised
backscattering efficiency factor (b) versus the probing
depth for the skin in vivo affected by the lichen ruber
planus. The measurements were executed before the
application of 1,2-propylene glycol as immersion agent
and in 30 minutes after it.
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Fig. 6 Dependences of the mean normalised extinction
coefficient of human skin in vivo (LRP) on the time of
exposure to different immersion agents: 1 – glycerol,
2 – glucose, 3 – 1,2-propylene glycol, 4 – oleic acid. To
plot the dependences the obtained data were
interpolated by B-splines.

4 Conclusion
It should be emphasised that the performed in vitro
scanning speckle polarimetry was a pilot study aimed at
evaluating the applicability of the method to the
identification and characterisation of skin pathologies.
Other researchers have also discussed the idea of
analysing the polarisation characteristics of multiply
scattered speckle-modulated laser radiation for the
diagnostics of skin pathologies (in particular, oncologic
diseases). In this connection, we should mention the
studies by T. Lee et al. from the University of British
Columbia in Vancouver (see, e.g., [7]). However, the
approaches to the interpretation of the obtained data
proposed by this group are ambiguous and do not allow
for all specific features of the polarisation state
evolution in the process of laser radiation propagation
through randomly inhomogeneous multiply scattering
media.
As to our results obtained using the discussed
method of scanning speckle polarimetry of skin samples
in vitro in the transmitted light, we should note that the
comparison of the mean values of excentricity and
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azimuthal angle of the local polarisation ellipse in the
forward-scattered light allows the division of samples
into a few groups, presumably related to their
morphology. We present the preliminary results of
mapping different pathologies on the 2D space of
diagnostic parameters, chosen as the first-order
statistical moments (mean values) of the excentricity
and azimuthal angle of the local polarisation ellipses.
These results have demonstrated acceptable selectivity
of the approach in the identification of different skin
pathologies. Additional facilities can be offered by
multidimensional mapping of pathologies in the space
of diagnostic parameters, which can be, e.g., the higherorder statistical moments of the local values of
excentricity and azimuthal angle, determined in the
speckle polarisation experiment.
The method of low-coherence reflectometry used in
the present work implies the use of the primary signals
(A-scans) of the optical coherence tomograph in order
to obtain the information on the biotissue extinction
coefficient averaged over the probed volume and the
depth distribution of the backscattering efficiency
factor. With this aim the recorded set of A-scans were
additionally processed in order to suppress the noise
components, to determine and eliminate the exponential
trend. Note that the approach is interesting not only
from the point of view of identifying human skin
pathologic changes, but also from the point of view of
applying therapeutic procedures based on near-UV
irradiation of pathologic skin areas with preliminary
optical clearing by means of biocompatible immersion
agents (e.g., in therapy of lichen ruber planus [13]). In
particular, the application of the approach to the
determination of the most efficient clearing agent for the
phototherapy of skin pathologies has shown its high
efficiency.
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1 Introduction
At present, the optical measurement methods allow
efficient registration of different heavy metals ions in
aqueous solutions [1, 2]. This is due to a number of
advantages possessed by these methods, such as short
response time, good reproducibility, wide range of
determined concentrations, and high resistance to noise
electromagnetic fields. One of the widely used ways to
organise such sensor systems is to use luminescent
indicators [3], which can change their luminescence
properties in the presence of the measured substance
(analyte). These indicators can be obtained from
different chemical compounds, e.g., dyes [4], quantum
dots [5], and rare-earth metals [6].
As a rule, the sensor response of such systems is
based on the effects of photoinduced electron transfer
(PET) and fluorescence resonance transfer (FRET) of
the excitation energy. These effects are based on the
energy exchange between chemosensitive part of
indicator (donor) to luminescence centre (acceptor) that
causes the change of acceptor luminescence properties.
In dependence of transfer kind, the energy transfer
occurs in an own specific way. In the case of PET, after
the molecule excitation, the electron is transferred from
the highest occupied molecular orbital to the lowest
unoccupied molecular orbital, giving rise to
luminescence intensity [7]. In the case of FRET, the
energy transfer from donor to acceptor can occur
without the emission of photons and due to dipoledipole interactions between the donor and the acceptor,
which causes the intramolecular charge transfer [8].
In the case of FRET-based sensors, it is possible to
detect the ions Zn2+, Cu2+, Al3+, Cd2+ in an aqueous
solution using different luminescent indicators based on
pyrene, coumarin, anthracene, etc. [9,10]. To detect the
Fe3+ ions can be used the PET-effect in the rhodamine B
luminophore, with achieved detection limit equal to
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10-6 M/l [11]. Using the same luminophore, one can
detect the Pb2+ ions in the acetonitrile medium [12], and
the Cr3+ ions in the aqueous solution with the detection
limit 10-3 M/l [13].
Basing on the above methods it is possible to obtain
chemosensor systems possessing good selectivity, e.g.,
using the indicator based on the hydroxynaphthalene
(naphthol), one can detect Al3+ ions with sufficient
accuracy even in the presence of other metal ions [14].
The other one chemosensor based on the methyl
pyrazinylketone benzoyl hydrazone (MPBH) indicator
is able to detect the Al3+ ions with the concentration as
low as 10-7 M/l [15].
At the same time, the determination of metal ion
concentrations in aqueous medium by direct use of
luminescent indicators in most cases is limited to
laboratory conditions studies and is hardly adaptable to
the measurements in real environment. Thus, the
development of new sensor system that will combine
the sensitivity of analytical methods with the possibility
to perform measurements under the real conditions is
very important.
Here, we report the synthesis and optical and sensor
characteristics studies of a new ion-sensitive indicator
based on rhodamine 6G. A sensitive element for the
luminescent detectors of nickel ions in aqueous
solutions based on modification of a thin hydrophilic
polymer film with the obtained indicator was developed.
To date there are a very few publications on the
development of optical sensors for direct detection of
nickel in aqueous media. The detection of nickel ions is
mainly implemented in buffer solutions of organic
compounds (acetonitrile or dimethylformamide), which
are enhancing the efficiency of the analyte ion chelation
by the chemosensitive receptor. Thus, the authors of
Ref. [16] use the chemosensor based on
2-(1–H-benzo[d]imidazol-2yl)-N-phenyl
hydrazine
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carbothioamide to detect nickel ions in the buffer
solution of acetonitrile with the detection limit of
7.9×10-8 M. The method proposed in [16] is simple,
possesses good sensitivity and selectivity. Although the
studies were carried out in buffer solution, the authors
declare the possibility of using this sensor for detecting
Ni2+ ions in wastewater samples. In Ref. [17], the 2amino-1-cyclopentene-dithiocarboxylic acid formed the
sensitive element of the chemosensor intended for
nickel ion detection; the range of determined
concentration was from 3.1×10-8 to 8.0×10-3 М. In Ref
[18] was developed the chemosensor based on the
2-{6-(3-methyl-3-mesitylcyclobutyl)-thiazolo[3,2b][1,2,4]triazol-2-yl}-phenol with the range of
determined concentrations from 1.0×10-9 to 4.4×10-3 М.
Both in Ref. [17] and in Ref. [18] the studies of the
sensor response were performed in the acetonitrile
buffer. In Ref. [19] sensing studies for nickel detection
were performed in dimethylformamide buffer solution,
obtained limit of detection was equal to 0.01 µM/l.
In contrast to the papers mentioned above, here we
perform sensing measurements in simple sodium acetate
buffer making no significant influence on the metal ions
chelation process and serving only for stabilising the
working solution pH level.

2 Materials and methods
Fig. 1 illustrates the process of the rhodamine 6G ionsensitive derivatives synthesis, which consists in the
replacement of the functional O-CH3 group with a
nitrogen-containing ligand. The bonding of this group
(N-ligand, Fig. 1) leads to the occurrence of
photoinduced electron transfer, that quench the
luminescence of the synthesised compound. However,
in the case of chelating the metal ion by this group, the
photoinduced transfer of electron does not occur, and
the synthesised complex becomes luminescent.
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revolutions per minute. The coating thickness measured
by optical reflectometry technique (on Sentech
SE500adv) was about 500 nm. After the deposition,
chitosan coatings were annealed during 10 minutes at
150 °C, deprotonated in the 3% ammonia solution, and
dried in air. For doping with the indicator, the coatings
were immersed in the solution with the component
content 0.05 % for 30 minutes. After the sorption, the
substrates were carefully washed with deionised water
and dried in air.
To study the sensor characteristics of the obtained
ion To study the sensor characteristics of the obtained
ion-sensitive indicator, we prepared aqueous solutions
of salts of different two- and three-valence metals with
the concentration 1±0.2 µM. Since the metal salts
dissipation in the aqueous medium increased its acidity
(lowering the pH level), the measurements in distilled
water is related to essential increase of the measurement
error. To equalise the experimental conditions in the
studies of the sensor response for different metal ions,
we prepared the sodium acetate buffer with the
рН ≈ 5.6. The sodium acetate buffer (0.2 М) was
prepared by mixing 91 ml of the sodium acetate
aqueous solution (with the concentration of NaOAc 0.2
M) and 9 ml of the acetic acid aqueous solution with the
similar concentration.
The absorption spectra were recorded using
spectrophotometer Varian Cary 5000i with 2 nm
scanning step and 0.1 s averaging time. The sample was
placed perpendicular to the incident light beam.

Fig. 1 The general principle of the sensor response
formation by the synthesised indicator.
The synthesis of ion-sensitive indicator was
performed in two steps. At the first step, we obtained
the rhodamine 6G lactam. At the second stage
rhodamine 6G lactam was modified with acetylacetone
ligand.
To form the high-sensitivity sensor structures, we
used 1% aqueous solution of high-molecular chitosan
(Sigma) (the deacetylation degree 80%, the molecular
mass ≈106 Da) in 1 % acetic acid. The coatings were
deposited on glass substrates with the dimensions
2.5×2.5 cm by solution spin-coating on the Laurell WS400B-6NPP-LITE device at the angular velocities 1000
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Fig. 2 Block diagram of the spectrofluorimeter Horiba
Fluorolog 3 with the designed measurement chamber:
1 – radiation source unit, 2 – exciting radiation
monochromator, 3 – unit of focusing the exciting
radiation and the luminescence, 4 – measurement
section, 5 – hermetic chamber with the fixed sample,
6 – peristaltic pump, 7 – vessel with the analysed
aqueous solution, 8 – emission monochromator, 9 –
detector.
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The fluorescence spectra were recorded using
spectrofluorimeter Horiba Fluorolog 3 with 1 nm step
and 0.1 s averaging time. The sample was placed at 45°
with the exciting radiation beam to provide the maximal
signal level.
To perform the measurements under the conditions
close to the real ones, we designed and constructed a
sealed chamber compatible with the measurement unit
of the spectrofluorimeter (Fig. 2). As a radiation source
(1) we used the continuous-wave broadband 450 W
xenon lamp.

3 Results and discussion
Fig. 3 presents the absorption spectra of the initial
rhodamine 6G and ion-sensitive indicator based on it.
One can see that after the modification the optical
density (directly proportional to the absorption
coefficient of substance) and the intensity of
luminescence are reduced, which is an evidence of
photoinduced transfer of electron from the base part of
the rhodamine molecule to the ligand. Rhodamine 6G
lactam demonstrates the domination of the absorption
peak near 500 nm compared to initial rhodamine peak at
532 nm. Moreover, the rhodamine 6G lactam
luminescence spectrum is red-shifted towards by at least
30 nm.

Fig. 3 Spectral characteristics of rhodamine 6G and the
ion-sensitive indicator based on it. The dashed and solid
lines correspond to the absorption and luminescence,
respectively.
Fig. 4 shows the rhodamine 6G lactam luminescence
spectra in the presence of various metal ions. One can
see that the maximal luminescence intensity increase is
observed for nickel ions. Some increase of the
luminescence intensity occurs also in the presence of
copper and silver, but in this case the luminescence
intensity increase is much weaker. This might be due to
formation of weak chemical bond between
acetylacetone and silver and copper ions which has
much lower stability compared to the acetylacetonenickel complex.
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Fig. 4 Intensity of luminescence of rhodamine 6G
lactam affected by different metal ions.
The rhodamine 6G lactam luminescence intensity
enhancement is proportional to the analyte
concentration (Fig. 5). But, one can notice some specific
features of the sensor response formation. In the initial
state, the rhodamine 6G lactam luminescence is
essentially lower than the intensity of luminescence of
rhodamine 6G (Fig. 3). The sensor response of the
rhodamine 6G lactam is characterised by practically
linear growth of the luminescence intensity under the
increase of the analyte concentration. This is confirmed
by the logarithmic approximation of the dependence of
the luminescence intensity on the logarithm of the
analyte concentration with the coefficient of
determination (R2) close to unity (Fig. 5(b)). At the
same time, the increase of the analyte concentration
leads to some changes in the luminescence spectrum of
the indicator. Thus, at the analyte concentrations above
1 µM the maximum of luminescence demonstrates
Δλ ≈ 5 nm blue-shift. Such behaviour can be due to
exceeding the ratio 1:1 for the chelated metal ions to
chelating groups.
In other words, at low concentrations of metal ions
each chemosensitive receptor binds only one analyte
ion. Increasing of nickel ions concentration leads to the
binding of an additional analyte ion by the chelating
centre, which results in occurrence of additional
changes of the electron transfer in the indicator
molecule. An evidence of this process is also the fact
that even at high analyte concentrations (100 µM and
higher) no saturation of the sensor response was
observed.
The studies of the kinetics of sensor response
formation were carried out with the analyte
concentration equal to 1 µM (the maximum allowable
concentration for nickel amounts to 1.7 µM in the
drinking water). Luminescence spectra were recorded
every 15 minutes until the luminescence saturation had
been achieved. Between the measurements, the studied
solution was kept in darkness in order to avoid the
possible photodegradation of the luminophore.
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(a)
Fig. 6 Time dependence of the luminescence intensity in
the rhodamine 6G derivative affected by 1 µM analyte.

(b)
Fig. 5 Sensor characteristics of rhodamine 6G lactam
for different analyte concentrations: the luminescence
spectra (a) and the sensor response (b).
From the data presented in Fig. 6, one can see that
the time of the sensor response formation for rhodamine
6G lactam amounts to about 110 minutes. During this
time one can observe sufficiently strong deviations of
the luminescence intensity function from the linear
dependence (the value of R2 for the approximation by a
linear function differs from unity rather strongly). This
effect is, apparently, one more evidence of the process
of binding of several analyte ions by one chelating
centre.
Alongside with the change of luminescence
characteristics during sensor response formation, the
changes of the absorption spectra also occur. Thus,
increasing of optical absorption at the wavelength of
rhodamine 6G excitation (λ ≈ 532 nm) under the
increase of the analyte concentration (Fig. 7) is clearly
observable. Considering this fact, we can conclude that
the luminescence intensity is increasing during the
sensor response formation occurs due to greater
excitation energy absorption directly by the luminescing
part of the rhodamine 6G lactam. This confirms that
sensor response formation related to electron transfer
changes in the ion-sensitive indicator molecule during
the process of analyte chelation.
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Fig. 7 Optical absorption of the rhodamine 6G lactam
affected by different analyte concentrations.
At low analyte concentrations (of the order of
0.1 µM) the uniform increase of the absorption occurs
while the initial spectral features of rhodamine 6G
absorption (dominance of the absorption band at λ ≈ 500
nm over band at λ ≈ 532 nm) remains unchanged. For
the analyte concentrations above 1 µM, the absorption
at λ ≈ 532 nm become higher than at λ ≈ 500 nm. That
change can determine the rhodamine 6G lactam
luminescence spectral changes at high analyte
concentrations (Fig. 5 (a)).

4 Conclusion
A new ion-sensitive indicator based on rhodamine 6G
chemical modification was obtained. This indicator
selectively responds to the presence of nickel ions in the
aqueous environment. The sensor response formation
occurs due to changes of electronic transfer in
rhodamine-derivate molecule under the interaction with
nickel ions. The detection limit for the nickel ions is
equal to 0.1 µM, which is sufficient for detecting the
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nickel ions in drinking water (maximum allowable
concentration is 1.7 µM (0.2 mg/l)).
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1 Introduction
Optical properties of blood can be considered in a
microscopic or macroscopic way. As a microscopic
object, blood is a strongly scattering medium. It is a
heterogeneous medium, consisting of plasma and blood
corpuscles. The blood plasma consists of 90% water and
10% proteins. The blood corpuscles are mainly red
blood cells (almost 99%), leucocytes (1%) and
thrombocytes (>1%). The red blood cells possess the
largest geometric size, as a rule, 6.2-8.2 µm, and mainly
determine the optical properties of blood [1-3]. The
quantitative and qualitative information on the blood
optical properties, in particular, on the refractive index,
is of great interest for many fields of biomedical studies
and practical medicine, since the noninvasive or lowinvasive optical technologies become wider and wider
used in diagnostics and therapy [1-6]. It is well known
that the optical properties of blood are determined by
such physiologic and biologic parameters as
haematocrit, temperature, osmolarity, saturation with
oxygen or other gases, membrane rigidity of the red
blood cells, and depend on the wavelength in a complex
way [1, 4-12]. The visible and near infrared spectral
regions are often referred to as “therapeutic/diagnostic
window”, since just in this wavelength range water,
which is a major component of many biological tissues,
absorbs weakly. At present there is a revival of interest
to the problem of measuring the refractive index of
different biological tissues and blood in a wide range of
wavelengths, since just the refractive index is proposed
for using as an endogenous diagnostic marker of
different diseases [13-17]. For example, in Ref. [17] it is
shown that the refractive index of blood serum can be
used as additional criterion to assess the dynamics of the
variation of blood serum properties under the
antitumour therapy. The knowledge of the refractive
index of blood in a wide range of wavelengths (optical
dispersion) is necessary to describe the optical
properties of different layers of blood-saturated tissues,
e.g., using the Monte Carlo method of statistical
modelling [1, 18]. The knowledge of tissue and blood
optical properties allows for determination of the
optimal wavelength providing the maximal penetration
depth of laser radiation. This is important for modelling
the interaction between the tissue and laser radiation,
e.g., in planning such clinical procedures as laser
interstitial heating or photodynamic therapy, as well as
in choosing the operating wavelengths of pulse
oximeters widely used in different fields of medicine for
monitoring the blood oxygen saturation [1-6].
Thus, the determination of optical dispersion of
blood and its components in the visible and near
infrared spectral regions is an urgent problem, since
there are no complete data in the literature. Moreover,
the known data on blood refractive index strongly differ
among themselves [8-10,19-22], which additionally
motivates the studies.
The refractive index is a complex quantity
ñ = n + ik; its real and imaginary part can be described
within the frameworks of electron theory as [23-25]:
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where q is the molecule charge; N is the number of
molecules per unit volume; ω0 is the natural vibration
frequency of the oscillator; ω is the frequency of the
external field oscillation; m is the molecular mass; γ is
the damping coefficient; n is the real part of refractive
index characterising the wave phase shift; k is the
imaginary part of refractive index, characterising the
wave absorption.
The refractive index of a multicomponent biological
medium can be calculated using the Gladstone-Dale
law, according to which in the absence of chemical
interaction between the components of the medium the
resulting refractive index is the average of refractive
indices of the components with their volume fractions as
weighting factors, i.e., [26,27]
!

!=

!! !! ,

(3)

!!!

where ni and fi are the refractive indices and the volume
fractions of individual components, respectively, and N
is the number of components.
In a simplified model, the blood can be presented as
a two-component medium consisting of red blood cells
suspended in plasma. Then Eq. (3) can be applied to the
blood in the form
!!"##$ = !!"# !!"# + !!" !!" ,

(4)

where nblood, nRBC, and nPl are the refractive indices of
blood, red blood cells, and plasma, respectively; fRBC and
fPl are the volume fractions of red blood cells and
plasma in the blood, respectively.
Since the plasma consists of 90% water and 10%
proteins, the main of which is albumin, its refractive
index can be calculated using the Gladstone-Dale
formula written in the form:
!!" = 0.9 !!"#$% + 0.1 !!"# ,

(5)

where nPl, nWater, and nAlb are the refractive indices of
plasma, water and pure albumin, respectively.
The refractive index of red blood cells can be also
calculated using Eq. (3) keeping in mind that
haemoglobin, the main protein in the red blood cell,
occupies 25% of its volume, and the rest volume is
filled with water [1-3]:
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where nRBC, nWater, and nHb are the refractive indices of
the red blood cell, water, and pure haemoglobin,
respectively.
Since the blood is a biological extremely turbid
medium with high anisotropy of scattering (g = 0.9996)
[3], possessing strong scattering and absorption in the
visible region, different models of light scattering by
particles and other indirect methods are used to
determine the refractive index and its dispersion
dependence. They include, e.g., the empirical methods
based on the calculation of blood refractive index from
the experimental values of the refractive indices of the
components [10] or the theoretical methods that allow
for calculation of the real part of the refractive index
from the measured spectra of its imaginary part
(absorption spectra) using the Kramers-Kronig relations
[10, 11, 12].
Among the direct methods, the most frequently used
ones are different modifications of the optical coherence
tomography (OCT) [1, 13, 28-33] and phase microscopy
[15, 34, 35], the laser refractometer with hollow prism
[20, 21], and the methods exploiting the principle of
total internal reflection [8, 11, 22]. These methods
possess a number of advantages, but are not free of
drawbacks. The OCT-based methods allow for
refractive index measurements in scattering media, but
with the accuracy restricted to 0.01-0.001, which is not
always sufficient in analytical applications. However, in
the in vivo measurements the OCT offers wide
possibilities for medical applications, where the above
accuracy of the refractive index measurement is
sufficient [1, 13, 28-33]. Various modifications of phase
microscopy are most frequently used to study the
refraction properties of individual cells of blood, e.g.,
the red blood cells [15, 34, 35]. The application of the
laser refractometer with hollow prism allows for
refractive index measurement in fluids having large
coefficients of scattering and absorption, to which the
blood belongs. The method provides in vitro
measurements with the accuracy to 0.01-0.0001. The
drawbacks of the method include the necessity to use
laser sources of radiation with relatively high power
[20, 21]. The methods based on total internal reflection
allow for in vitro measurement of the refractive index of
blood and its individual components with the accuracy
0.0001-0.00001. The simplicity and the small amount of
the required sample material make them available for
on-line monitoring of the refractive index [8, 11, 22].
In the present paper, we report the experimental
studies of the real part of the refractive index of
haemoglobin and albumin, the main protein components
of blood. Basing on these data, we calculate the
refractive index of whole blood. The refractive index of
blood proteins was measured using the multiwavelength Abbe refractometer for 11 wavelengths in
the visible and near infrared ranges at room temperature
+24°С.
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2 Methods and Materials
For the experimental studies, the haemoglobin solution
was prepared from whole blood of a healthy human.
The whole blood was collected in test tubes containing
heparin to prevent coagulation. The blood sample was
centrifuged during 10 min at 2000 rpm to separate the
blood into fractions and to separate the red blood cells
from plasma and other blood corpuscles. The red blood
cells were gathered in a separate test tube, and then their
haemolysis was implemented by multiple freezing and
defrosting of erythrocyte mass at the temperature
−18°С. The haemoglobin concentration in the studied
samples was calculated using the spectral method from
the absorption spectra and amounted to 260 g/l, which
corresponds to the mean haemoglobin concentration in a
red blood cell.
To prepare the albumin solution we used the dry
human serum albumin (Sigma-Aldrich), dissolved in
0.9% NaCl saline to the concentration of 55 g/l. The
obtained concentration corresponded to the mean value
of the albumin concentration in the blood plasma.
The refractive index was measured using the multiwavelength Abbe refractometer (Atago, Japan). In the
setup, the source of radiation was a high-power
candescent lamp. To select the wavelength we used
narrow-band interference filters for 480, 486, 546, 589,
644, 656, 680, 930, 1100, 1300, and 1500 nm. The
measurement error introduced by the instrument
amounts to ±0.0002.

Fig. 1 General view of the experimental setup: 1 –
multi-wavelength Abbe refractometer; 2 – power
supply; 3 – light source; 4 – special head for
measurements in the near IR range; 5 – interference
filter; 6 – sample.
In the beginning of every measurement, the
calibration of the instrument using the known tabulated
value of the refractive index of distilled water was
executed. The sample temperature during the
measurements was kept to be +24°С by means of water
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circulation in the refractometer provided by a
thermostat.
The blood refractive index was calculated using Eqs.
(4), (5), and (6). The volume fractions of plasma and red
blood cells were taken to be 0.55 and 0.45, which
corresponds to the haematocrit 45%. The refractive
index of pure albumin was calculated using the
Gladstone-Dale formula from the measured refractive
index of the albumin solution with the concentration
55 g/l:
!!"# = (!!"# !"# − !!"#$% !!"#$% )/!!"# ,

!! ! = 1 +
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!!

0.83423 ∗ !!
+
− 10775.44775

0.04296 ∗ !!
+ !
.
! − 6.13587 ∗ 10!

(10)

(7)

where nAlb, nAlb sol, nWater are the refractive indices of pure
albumin, albumin solution and water, respectively; fWater,
fAlb are the volume fractions of water and pure albumin
in the plasma, respectively.
The refractive index of pure haemoglobin for Eq. (6)
was calculated from the measured refractive index of
the haemoglobin solution with the concentration
260 g/l:
!!" = (!!" !"# − !!"#$% !!"#$% )/!!" ,

(8)

where nHb, nHbsol, nWater are the refractive indices of
haemoglobin in a red blood cell, haemoglobin solution,
and water, respectively; fWater, fHb are the volume
fractions of water and haemoglobin in a red blood cell.
The refractive index of blood was approximated by
the Sellmeier formula:
!! ! = 1 +

!1 ∗ !!
!2 ∗ !!
+ !
,
!
! − !1 ! − !2

Fig. 2 Dispersion curve of blood refractive index.
The correlation coefficient for fitting of
experimental data to the Sellmeier formula equals
R2 = 0.99.
Fig. 3 presents the comparison of the refractive
index obtained in the present paper with those found in
the literature [9, 19-22].

(9)

where А1, А2, В1, В2 are empirical constants. The
Sellmeier formula yields the best result for the
description of the dispersion curve of a multicomponent
system near the absorption band of each component
[35].

3 Results and Discussion
The values of refractive index for the haemoglobin and
albumin solutions measured at 11 wavelengths of the
visible and near infrared range are presented in Table 1.
The values of the blood refractive index also presented
in Table 1 were calculated using Eq. (4).
Fig. 2 displays the dispersion dependence of the
blood refractive index for the calculated values of the
refractive index (squares) and the best approximation
(red solid line), implemented using the Sellmeier
formula (9). As seen from the plot, for the visible and
near infrared regions the dispersion of the blood
refractive index demonstrates nonlinear behaviour, and
the refractive index value decreases with the growth of
the wavelength.
After determination of the empirical constants, the
Sellmeier Eq. (9) takes the form
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Fig. 3 Dispersion curve of blood in comparison with the
data from literature
As already mentioned above, the measurement of
blood refractive index is a complex problem solved
using complementary direct and indirect methods. The
advantage of direct methods is the measurement of the
refractive index in the presence of all blood
components. However, the inhomogeneity of the cell
suspension medium, the strong absorption and
scattering do not allow for measurement of whole blood
using a direct method with high accuracy, so that the
values of the refractive index can strongly differ
depending on the sample condition and measurement
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Table 1 Refractive indices of haemoglobin and albumin solutions measured at temperature +24°С and of blood
calculated using these measurements.
Wavelength,
nm

Refractive index of haemoglobin
solution in water (260 g/l)

Refractive index of albumin
solution in water (55 g/l)

Refractive index of
blood

480

1.3945 (±0.0002)

1.3480(±0.0002)

1.3690(±0.0002)

486

1.3939(±0.0002)

1.3478(±0.0002)

1.3686(±0.0002)

546

1.3885(±0.0002)

1.3449(±0.0002)

1.3645(±0.0002)

589

1.3880(±0.0003)

1.3434(±0.0002)

1.3635(±0.0002)

644

1.3854(±0.0003)

1.3416(±0.0002)

1.3613(±0.0002)

656

1.3849(±0.0004)

1.3414(±0.0002)

1.3610(±0.0002)

680

1.3837(±0.0002)

1.3405(±0.0002)

1.3600(±0.0002)

930

1.3782(±0.0005)

1.3380(±0.0004)

1.3561(±0.0003)

1100

1.3751(±0.0006)

1.3361(±0.0003)

1.3537(±0.0003)

1300

1.3707(±0.0004)

1.3325(±0.0004)

1.3497(±0.0003)

1550

1.3665(±0.0005)

1.3285(±0.0004)

1.3456(±0.0003)

technique. The results of direct measurement of blood
refractive index are also affected by two additional
important
phenomena,
the
aggregation
and
sedimentation. The necessary usage of anticoagulants
can lead to the deformation of some blood corpuscles,
which affects the optical properties. For example, it is
known that the use of heparin can change the size and
shape of thrombocytes and leucocytes, and the excess
amount of K2EDTA can be hypertonic and lead to
osmotic stress. The sedimentation is related to the fact
that the density of blood cells is higher than the density
of plasma and saline. Although the sedimentation rate in
normal blood is not high (up to 30 mm/h), it can be
essential in the long-time measurements of the sample
optical properties [3, 36]. Bolin et al. obtained the value
of blood refractive index equal to 1.400 using a fibreoptical laser refractometer at the wavelength 632.8 nm
[19]. Sardar et al. measured the refractive index of a few
concentrations of the diluted solutions of whole blood
by means of the laser refractometer with hollow prism.
Thus, for the 60% blood solution they found the
refractive index 1.37 at the wavelength 632.8 nm [20].
Li et al. performed the refractive index measurement in
the samples of different groups of blood (O(I), A(II),
and В(III)) using the method based on the principle of
total internal reflection; they presented a dispersion
formula for calculating the averaged refractive index of
blood in the visible and near infrared spectral region.
According to this formula, they determined the value of
refractive index 1.4480-1.3680 for the wavelength range
370-850 nm [21]. Cheng et al. measured the refractive
index of the whole blood using the method of total
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internal reflection with several lasers. They obtained the
following values of the refractive index: 1.395 for 488
nm, 1.373 for 632.8 nm, 1.363 for 1079.5 nm, 1.360 for
1341.4 nm [22].
The modelling methods allow for reconstruction of
blood refractive index in a wide range of wavelengths
without considering the medium inhomogeneity from
the known data for each of its components. In the
present paper, using the modelling method with the
values of albumin and haemoglobin refractive index
measured by means of refractometry, we obtained the
values of blood refractive index 1.3690-1.3456 for the
wavelength range 480-1550 nm. Recently Yahya et al.
presented the calculation of the real part of refractive
index at different haemoglobin concentrations,
temperatures, and wavelengths basing on the
experimental values of refractive index of dry
haemoglobin aqueous solutions, measured by means of
the Abbemat refractometer. For example, at room
temperature, for the haemoglobin concentration of 150
g/l, and the wavelengths 436.1, 513.9, 589.1, 633.2, and
657.2 nm they found the values of blood refractive
index 1.36481, 1.36053, 1.35724, 1.35601, and 1.35587,
respectively [9]. The values of the refractive index
obtained in the present paper do not strongly differ from
those of Ref. [9], which can be seen in Fig. 3. The
discrepancies can be due to the difference in the
preparation protocols of blood samples and blood
components, the specific features of experimental setups
and modelling methods.
The results of the study show that the proposed
method of modelling the refractive index in
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multicomponent media is suitable for the calculation of
blood refractive index in the visible and near infrared
spectral regions and can be used for express estimates of
blood refractive index. The obtained data complete well
the ones already reported in the literature and are
important for the calculations of light distribution in
blood-saturated tissues, interpretation of results of
optical coherence tomography, fluorescence diagnostics,
diaphanoscopy in the near infrared spectral region, as
well as for providing precision dosimetry in
photodynamic therapy and laser thermotherapy.

4 Conclusion
The present study demonstrates the possibility of blood
refractive index modelling based on the measured
values of refractive index of albumin and haemoglobin
aqueous solutions. For the dispersion dependence of
blood refractive index, we obtained the coefficients that
allow for data extrapolation by the Sellmeier formula in
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the visible and near infrared wavelength range. The
results agree well with the known literature data and can
be used in further study of dispersion in biological
media.
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1 Introduction
At present considerable experimental material is
accumulated, that confirms the biostimulating effect of
laser radiation [1-3]. However, the mechanisms of
stimulating effect and the processes that allow the
response of the entire organism to the local action of
laser radiation remain poorly studied. The authors of the
present paper propose to consider the blood protein
complexes as a universal acceptor of laser radiation. It is
known [4, 5] that macromolecules in solutions form the
so-called clusters, i.e., associates that can comprise tens
of molecules. The biological activity of a molecule
incorporated in a cluster considerably differs from that
of a single molecule, since its active centres can be
overlapped by neighbours, and a molecule inside the
cluster is not able to interact with the environment at all.
The smaller are the clusters, the larger is their relative
surface and the higher is the reactivity of the molecules
that form the cluster.
If we suppose that the laser radiation interacting
with protein clusters causes their disintegration into
smaller associates, then we can propose a number of
hypotheses on the possible mechanisms of
biostimulation. First, the disintegration of clusters and
the change of conformation of protein molecules
without the disturbance their primary structure allows
the explanation of the increased enzymatic activity, the
improvement of oxygen transfer, and other effects at the
site of laser impact. Second, the transfer of
macromolecules “activated” by laser radiation in the
composition of blood plasma can be considered as a
mechanism of generalisation of the laser effect on the
organism as a whole. Third, the presence of clusters
having various sizes and configurations provides the
absorption in a wide wavelength range, which makes it
possible to explain why the biostimulating effect of
laser radiation weakly depends on the wavelength [2].
However, the study of laser radiation effect on the
structure and activity of macromolecular complexes
directly in the organism is a hardy solvable problem,
since it requires considering too many factors (the
interaction of laser radiation with medical preparations
in the blood, the influence of vascular pathologies on
the propagation of “exposed” blood, the presence of
accompanying diseases). Therefore, to confirm the laser
effect on the size of macromolecular clusters we have to
use a model medium reflecting the specific features of
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biological fluids and, at the same time, available for
in vitro experiments. With these requirements taken into
account, we have chosen the solutions of Grippferon
and bile as model media.
To estimate the changes occurring under the impact
of laser radiation in biological-like fluids we used the
method of crystallogram analysis as one of the simplest
methods of structure change diagnostics. The
crystallograms of biological fluids are formed at the
expense of dehydration self-organisation of the
solutions of proteins and other substances [6-12] in the
process of drop drying on a solid substrate. It is
established that the patterns appearing in this case
correlate well with the evidences of diseases in patients
[6, 9, 11, 12]. The possibility to apply the crystallogram
analysis method for assessing the quality of conditioned
media, i.e., the nutritive media containing the waste
products of cells preliminarily cultivated in them, is also
discussed. Such media are considered as potential drugs
for regeneration medicine [13].
Therefore, the method of crystallogram analysis can
be used to detect the changes that occur in biological
fluids under the impact of laser radiation. In Ref. [14],
the possibility of detecting the laser-induced changes in
the blood serum and plasma was demonstrated. The
possible mechanism of the induced changes is related to
the size reduction of the clusters of bioorganic
molecules (first of all, macromolecules) caused by laser
radiation [14].
Usually crystallograms are analysed using an optical
microscope. The geometric dimensions (transverse and
longitudinal) of the characteristic patterns of the
crystallogram are commonly estimated, while the relief
(surface profile) of the patterns is usually lost.
The aim of the present paper is to get information
on the three-dimensional crystallogram pattern and to
estimate the changes that occur in the structure of liquid
media (biological-like fluids) subjected to laser
irradiation with different wavelengths by analysing the
crystallograms using the probe microscopy method.

2 Materials and methods
As mentioned above, the possible mechanism of
biological fluid changes induced by laser radiation is
related to the reduction of the size of bioorganic
molecular clusters, therefore, for study we have chosen
biological-like media containing organic molecules and,
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first of all, macromolecules. If for the chosen objects of
study the probe microscopy analysis of crystallograms
shows the presence of changes in the their threedimensional structure and the results agree with earlier
optical microscopy ones, then we are able to make more
definite statements on the reliability of earlier proposed
mechanism and its universal character.
One of the chosen objects of study was Grippferon
solution. The main component of this solution is
interferon alfa-2b, the protein-nature factor that
provides antivirus immunity.
The other object of study was 20% aqueous solution
of medical conserved bile, consisting of natural bovine
and porcine bile, as well as auxiliary substances
(rectified ethanol, formalin, and spirituous solution of
Furacilin). The natural bile itself contains cholesterol,
bile acids and their salts, phospholipids, conjugated
bilirubin, protein, and inorganic ions.
It is worth noting that the results of the study of the
laser radiation effect on the processes of crystal
formation in volume colloidal and gel-like media by the
example of human bile have been already presented in
Ref. [15]. Initially the bile crystallisation after the laser
impact was studied with the purpose to clarify the
possibility of using the laser radiation for preventing
crystal formation in hepatobiliary system. The results
obtained at that time allowed an idea that the laser
radiation affects the processes of crystal formation only
in the volume of white bile. No effect of laser radiation
was detected in the volume of natural pigmented bile.
Probably, this was because the presence of pigment
caused sufficiently strong absorption of the radiation in
a thin layer of bile near the cuvette walls and the
radiation did not penetrate into the volume. It was found
that the morphology of bile crystallograms depends on
the absence or presence of destabilisation of the bile
colloidal structure, its stage, and the remoteness of the
appearance of biliary pathology symptoms [11].
To eliminate the influence of the abovementioned
factors on the process of crystal formation we used the
medical conserved bile (pigmented bile). To enhance
the penetration of radiation into the bile volume, we
studied its 20% aqueous solution.
The crystallograms of the corresponding solutions
were studied before and after the impact of laser
radiation.
The crystallograms were prepared in the following
way. We applied a drop of the studied liquid (the
samples to be exposed to laser radiation and the control
ones) on the defatted glass substrate and kept dustprotected at room temperature 20-25ºС and relative air
humidity 65-70% during 18-24 hours to obtain dry
films, i.e., the crystallograms. Then these crystallograms
were studied using the scanning probe microscope
NT-MDT Solver. The contact scanning mode was used.
The Grippferon solution in the cuvette was exposed
to laser radiation (having the wavelength 650 nm or 530
nm and the intensity about 80 mW/cm2) during 1, 2, 5,
and 10 minutes. The aqueous bile solution was exposed
to the radiation of a semiconductor laser with the
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wavelength 650 nm during 2 minutes, the power density
of radiation being about 250 mW/cm2.
Then using the probe microscope, we constructed
3D models of the crystallogram relief. Separately three
parallel sections of the relief were plotted as the
segment height dependence on the coordinate. To
estimate the changes of a crystallogram segment size in
each section numerically, the minimal and maximal
height was found, and their difference divided by two
was taken as the mean height of the layer. The segment
size was determined by averaging the widths of all
“peaks” at the height, equal to the mean height of the
layer. Note that the described procedure of numerical
estimations allows one to assess on the qualitative
changes, but is not sufficient to construct correct
numerical dynamics, since it considerably reduces the
information volume inherent in the 3D model and is
expected to give rise to essential variance of the
estimate. Therefore, in the present paper the
measurement error was not estimated.

3 Results
The 3D models of the crystallogram relief, obtained by
means of probe microscopy, are presented in Figs. 1 and
2. Figure 1 presents the results for the Grippferon
solution.

(a)

(b)
Fig. 1 3D model of the crystallogram relief for the
Grippferon solution. (a) – before the impact (control);
(b) – In 10 minutes after the impact (the wavelength 530
nm, the total energy density 48 J/cm2).
As a result of laser irradiation with the wavelength
530 nm, the decrease of the characteristic size of the
pattern was observed already in 5 minutes of the
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exposure (the total energy density 24 J/cm2), and after
10 minutes of exposure the size of the inhomogeneity
decreased by two times. Besides that, the mean height
of the layer (the level above which the peaks rise), as
seen from Fig. 1, amounts to about 500 nm for the
control solution and nearly 250 nm for the exposed
solution. Similar results were obtained for the action of
the laser radiation with the wavelength 650 nm, namely,
the changes of the crystallogram characteristics size also
began from 5 minutes of exposure, but the change
relative to the initial size was smaller. To our opinion,
higher efficiency of green irradiation is due to the
greater energy of quantum that allows greater energy
transfer to the clusters and more efficient destruction of
the bonds stabilising them.
It is worth attention that the crystallograms were
obtained at discrete moments of time, i.e., the laser
exposure time changed stepwise. At small values of the
exposure time (less than 5 minutes), both the visual and
the numerical estimation showed insignificant changes.
On the contrary, in the crystallograms obtained from the
liquid after 10 and more minutes of laser exposure the
changes were significant as compared to the control
samples, but slightly differed from each other. Thus,
under the conditions of our experiment one can
conclude that the changes occur abruptly and
correspond to the exposure time of nearly 5 minutes.
Therefore, the threshold energy density can be assessed
to equal 20-25 J/cm2, independent of the wavelength.
The present result agrees well with the estimates
obtained from the crystallogram studies using optical
microscopy [16].
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The study of crystallograms of irradiated and
unirradiated aqueous solutions of bile has shown that
their structures also significantly differ both
qualitatively and quantitatively (Fig. 2). In particular, it
was found that in the crystallogram from the
unirradiated solution the structure (peaks) possesses the
height smaller by nearly an order of magnitude
(0.15 µm for the unirradiated solution and 1.2 µm for
the irradiated one). The level difference between the
individual crystallogram patterns is also smaller by
nearly an order of magnitude and amounts to
approximately 35-40 nm upon average. Alongside with
these facts, the crystallogram patterns for the
unirradiated solution are arranged much more densely,
in contrast to the crystallogram of the irradiated
solution, although the mean transverse structure size in
both cases differs slightly an equals nearly 1-2 µm
(Fig. 3).

(a)

(a)

(b)
(b)
Fig. 2 3D model of crystallogram relief for the bile
solution. (a) – before the impact; (b) – After 2 minutes
of exposure (the wavelength 650 nm, the total energy
density 30 J/cm2).
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Fig. 3 2D image of the crystallogram surface.
(a) – Before the impact; (b) – After 2 minutes of
exposure (the wavelength 650 nm, the total energy
density 30 J/cm2).
A possible mechanism of the laser radiation effect
on the crystallisation processes in volume and thin
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layers of organic solutions consists in the decomposition
of large molecular associates that otherwise could be
nucleation centres into smaller associates [14, 15].
Similar to the case of Grippferon solution, under the
irradiation with relatively low power the validity of this
hypothesis is demonstrated by both the reduction of the
characteristic crystallogram size and the decrease of the
mean layer thickness.
However, in the case of bile, the considerable
radiation power density as compared to that used in
Refs. [14, 15] to act on the solution, caused the increase
of the solution temperature, the substrate staying “cold”.
Therefore, the enhancement of the film crystal
formation took place, in contrast to the crystallisation of
unirradiated solution. Since the crystallisation occurred
in a thin layer, together with the temperature difference
it additionally accelerated the crystallisation, leading to
the difference in the density of arrangement of
crystalline structures between the irradiated and
unirradiated solutions.

characteristic size of the crystallogram segments. These
changes can be not only detected qualitatively, but also
determined quantitatively using the 3D models of the
crystallogram surface, obtained by means of a probe
microscope. Further improvement of the quantitative
estimation procedure is required to consider the entire
amount of information contained in the 3D model and to
automate the image processing procedure.
The laser radiation of green range produces more
significant structure change as compared to that
produced by red radiation, which is probably due to the
greater quantum energy.
The analysis of crystallograms of bile aqueous
solutions also allows a suggestion that the laser
radiation affects the crystallisation processes in bile
preparations. The mechanisms of the effect are not
studied yet, and its hypothetic explanation is related to
the changes of the biological fluid structure that occur
under the irradiation of the solution [11].
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1 Introduction

2 Materials and methods

The growth of oncological diseases stimulates extensive
development of both early tumour diagnostics and
therapy methods. Earlier it has been shown that the
heating of a tumour leads to its death and the exposure
regimes for tumour damage have been determined,
namely, 120 minutes at 42°С, 60 minutes at 43°С, 30
minutes at 44°С and 15 minutes at 45°С [1]. However,
the hyperthermia is restricted by low selectivity, which
leads to significant damage of healthy tissues adjacent
to the tumour. The laser hyperthermia is a promising
method of fighting tumours that provides more heating
locality than the traditional hyperthermia, which allows
damage reduction in surrounding healthy tissues [2].
The use of sensitizers allows even higher selectivity
of laser hyperthermia due to the reduction of the laser
radiation power to the level safe for the healthy tissues
adjacent to the tumour [3-7]. Nanoparticles possessing
plasmon resonance near 800 nm are effectively applied
as sensitizers, which makes it possible to use lasers with
the appropriate generation wavelength as sources of
radiation [8, 9]. It has been shown that gold nanorods
(GNRs) are promising agents for photothermal tumour
therapy (PTTT) due to their long-term circulation in
blood flow [10], colloidal stability, easy spectral tuning
of plasmon resonance [6], and efficient light-to-heat
energy conversion [11].
In spite of multiple studies in the field, this kind of
therapy requires optimising the dose of nanoparticles
and their injection method, as well as the technique of
heating them with near-infrared optical radiation, i.e.,
the power, exposure time, and depth of penetration of
laser radiation into the tissue. The authors of Ref. [12]
proposed the optical monitoring of accumulation of
nanoparticles in the tumour using the optical coherence
tomography. However, this method is applicable only to
surface tumours, since due to the strong scattering of
light in tissues the optical probing depth is restricted to
0.3-1.5 mm, depending on the illumination source
wavelength [12-15]. Among other factors that affect the
efficiency of using GNR for PTTT an important role is
played by the degree of tumour vascularisation, i.e., the
development of its blood vessel system, since the degree
of vascularisation directly affects the accumulation of
nanoparticles in the very object of study, the tumour
tissue [16-18]. In turn, the accumulation of
nanoparticles in the tumour tissue will determine the
tumour temperature in the course of laser heating,
directly affecting the PTTT efficiency [8]. Since to
estimate the vascularisation of the tumour one needs the
probing depth of about 10 mm, this problem can be
solved using the Doppler USI. Unfortunately, in spite of
its importance, the problem is still far from its final
solution. Hence, the aim of the present paper is to study
the heating kinetics in tumours with different
vascularisation after the intravenous injection of gold
nanorods.

The object of study were 40 laboratory outbred male
rats with the body mass 200 ± 20 g. The animals were
kept in the Shared Cervices Centre of Saratov State
Medical University named after V.I. Razumovsky under
the standard vivarium conditions with fixed illumination
regime. The animals were treated in accordance with the
rules of the European Convention for the Protection of
Vertebrate Animals used for Experimental and Other
Scientific Purposes (Strasbourg, 1986) and the
International Guiding Principles for Biomedical
Research Involving Animals [19].
The experimental model of rat cholangiocarcinoma
PC1 was obtained by subcutaneous injection of tumour
cell suspension (2×106 cells/0.5 mL of Hanks solution).
When the tumour volume achieved nearly 3 cm3, the rat
tumours were examined using the US system Voluson
E8 Expert (GE Healthcare, USA) in the Doppler mode
at the frequency 7.2 MHz. The 3D Doppler US imaging
allowed the assessment of tumour vascularisation
degree using the standard technique [20]. The
estimation of the tumour vascularisation degree was
based on the analysis of the resistance index (RI) of the
tumour blood vessels, defined as the difference between
the peak systolic velocity (PSV) and the end diastolic
velocity (EDV) divided by the peak systolic velocity,
RI = (PSV - EDV) / PSV. The values of PSV and EDV
were determined in the course of dopplerography. It was
found that at a certain stage of growth (RI ≤ 0.3) the
developed afferent vessels with increased flow velocity
appear in the tumour [21, 22].
Basing of the degree of tumour development, the
animals were divided into two parties: 1) with poorly
developed tumour vascularisation (24 animals with
RI > 0.3); 2) with well-developed tumour vascular
system (16 animals with RI ≤ 0.3).
Within these parties, the animals were randomly
divided into 6 and 4 groups, respectively (10 groups
overall, 4 rats in each group). Before the irradiation, the
rats of eight groups were subjected to intravenous
injection of GNR suspension. The experimental
conditions are described in Table 1.
The gold nanorods were synthesised and
functionalised with thiolated polyethylene glycol
(molecular weight 5000, Nektar, USA) using the
methods described in Refs. [11, 23]. The GNR
geometric parameters determined by means of
transmission electron microscopy (Libra-120, Carl
Zeiss, Germany) amounted to 41 ± 8 nm (length) and
10 ± 2 nm (diameter). For the study, we used the GNR
suspension with the concentration 400 µg/mL, which
corresponds to the optical density 20 at the wavelength
810 nm. To increase the heating temperature, the
animals of Groups 5 and 6 received the suspension with
double GNR concentration, i.e., 800 µg/mL, 48 and 24
hours before the irradiation, respectively.
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Table 1 Description of groups of animals used in the experiments (4 rats in each group).
Group
number

Regime of injecting the GNR suspension doses

1
2
3

Poorly developed tumour vascular system
Irradiation without injecting nanoparticles
Single injection (1 mL) 24 hours before irradiation
Double injection (1 mL each, 400 µg/mL) 48 and 24 hours before irradiation

4

Triple injection (1 mL each, 400 µg/mL) 72, 48, and 24 hours before irradiation

5
6

Single injection (1 mL) 48 hours before irradiation
Single injection (1 mL) 24 hours before irradiation
Well-developed tumour vascular system

7
8
9

Irradiation without injecting nanoparticles
Single injection (1 mL) 24 hours before irradiation
Double injection (1 mL each, 400 µg/mL) 48 and 24 hours before irradiation

10

Triple injection (1 mL each, 400 µg/mL) 72, 48, and 24 hours before irradiation

To irradiate the tumours we used the diode laser
LS-2-N-808-10000 with the wavelength 808 nm (Laser
Systems Ltd., Russia). The exposure time was 15 min
with the power density 2.3 W/cm2. The laser spot area at
the skin surface was ~0.5 cm2. The temperature control
of the tumour heating was implemented using the IR
visualizer IRI4010 (IRYSYS, UK) with the interval of
30 s. Before all procedures the rats were anesthetised
with Zoletil 50 (Virbac, France) dosed 0.05 mg/kg.

3 Results and Discussion
The heating kinetics of the experimental tumours and
adjacent tissues is presented in Fig. 1. As seen from the
figure, the laser irradiation of tumours without
preliminary injection of GNR in Groups 1 and 7 caused
insignificant increase of the tumour surface temperature
approximately to 40°C, independent of the tumour
vascularisation degree. In the case of poorly developed
vascular blood flow, a single injection of the GNR
suspension also caused the temperature growth not
exceeding 40°C under the laser irradiation (Group 2).
To our opinion, this is because no accumulation of a
sufficient amount of nanoparticles occurs in the tumours
due to the low vascularisation of the tumour tissue. This
assumption is confirmed by the fact that the mean
temperature of skin surface covering the tumour in
Group 8 (with well-developed vascular blood flow) at
the same dose as in Group 2 (with poorly developed
vascular blood flow) achieved the value of 49.9±4.3°C,
which is explained by considerable accumulation of
particles in the tumour tissue.
Besides that, it is clearly seen that the dose doubling
and tripling (Groups 3-6) has practically no effect on the
temperature growth. The maximal temperature
approached the values from 47°C to 52.2°C upon
average, which allows a conclusion that in these groups
no sufficient accumulation of nanoparticles in tumours
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Total
suspension
dose
400 µg/mL
800 µg/mL
1200
µg/mL
800 µg/mL
800 µg/mL
400 µg/mL
800 µg/mL
1200
µg/mL

occurred, because of the low tumour tissue
vascularisation.
Note that in Group 9 we observed the temperature
increase to 59.4 ± 10.4°C at the same injected GNR
dose, as in Groups 3, 5, and 6. This group differed from
Groups 3, 5, and 6 by higher vascularisation of tumour
tissues, due to which in Group 9 the accumulation of
nanoparticles appeared sufficient to provide significant
tumour heating.
Group 10 has demonstrated the average temperature
growth in the region of the tumour to 68.2°C, which, to
our opinion, is related to the maximal GNR
accumulation due to both the high total dose of the
injected suspension and the high vascularisation of the
tumour tissues. This assumption is confirmed by the
data of Ref. [24], where it was shown that the maximal
accumulation of nanorods in the tumour is observed in
the case of triple injection of nanoparticles.
In Ref. [25] it was shown that the direct
intratumoural injection of GNR suspension with the
concentration 400 µg/mL followed by the irradiation of
tumours with laser light at the wavelength 808 nm led to
the increase of temperature in the heating zone to
65.5 ± 5°C. With this method of injection, the maximal
amount of nanoparticles was accumulated in tumour.
Since in our experiments (Groups 2-6, 8-10) the
injection of GNR suspension was intravenous, the
maximal concentration could be achieved only in the
case of well-developed vascular system of the tumour.
To approximate the heating kinetics, presented in
Fig. 1, we used the empirical equation:
⎛
⎛
⎛ t ⎞⎞
⎛ t ⎞⎞
T (t) = A1 ⎜ 1− exp ⎜ − ⎟ ⎟ + A2 ⎜ 1− exp ⎜ − ⎟ ⎟ + T0 ,
⎝ τ1 ⎠ ⎠
⎝ τ2 ⎠⎠
⎝
⎝

(1)

where T0 is the initial temperature (before heating)
having the mean value of 32.9 ± 1.7°С, A1 and A2 are
empirical constants, τ1 and τ2 are the constants that
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characterise the heating rate for skin and tumour,
respectively. The first term describes the heating
kinetics of the adjacent tissues, and the second term
describes the heating kinetics of the tumour itself.
The approximation parameters are presented in
Table 2.
The analysis of the approximation parameters shows
that after the intratumoural injection of GNR suspension
the characteristic time of tumour heating is minimal. In
this case, the degree of tumour vascularisation does not
matter, since the nanoparticles are injected into the
interstitial fluid. On the contrary, the characteristic time
of heating for the surrounding tissues is maximal, which
can be because the particles are localised in the injection
sites, i.e., are not distributed uniformly over the tumour
volume. Thus, sufficiently strong and fast heating of the
localisation sites of nanoparticles occurs in combination
with rather slow heat penetration into the surrounding
tissues, which is in good correlation with the results of
Ref. [26].
80
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G roup
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In the first and the seventh groups of animals
(irradiation without injection of nanoparticles), the
value of τ2 is relatively large. In the case of poorly
developed vascular system (Group 1), the time
necessary to heat the tumour is smaller than in the case
of well-developed vascular system (Group 7), since the
heat transfer from the heated region with the blood flow
is weaker in Group 1. The value of τ1, on the contrary, is
smaller in Group 7, which confirms the greater velocity
of heating the tissues surrounding the tumour at the
expense of heat transfer from the heated region to the
surrounding tissue with the blood flow.
The large deviation of the approximation parameters
from the mean value, to our opinion, is related to the
variety of structural features of tumours in individual
animals and the location of blood vessels with respect to
the irradiation zone. The latter is of primary importance
in the case of intravenous injection of GNR. To
determine these parameters with greater precision, one
has to increase the sample volume, i.e., the number of
studied animals, which is planned by the authors in
future. However, the presented results of pilot
experiments allow the observation that, overall, the
increased vascularisation reduces the rate of tumour
heating due to the increased temperature gradient from
the irradiation zone.
The data of Table 2 allow the estimation of the
partial contributions ΔT1 and ΔT2 to the experimentally
recorded increment of temperature from the tumour
itself and from the surrounding tissues, respectively,
during the irradiation time (0 < t < 15 min). Here

35
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⎛
⎛
⎛ t ⎞⎞
⎛ t ⎞⎞
A1 ⎜ 1− exp ⎜ − ⎟ ⎟
A2 ⎜ 1− exp ⎜ − ⎟ ⎟
⎝ τ1 ⎠ ⎠
⎝ τ2 ⎠⎠
⎝
⎝
, ΔT2 =
,
ΔT1 =
N
N

16

T im e , m in

Fig. 1 Heating kinetics of experimental tumours and
adjacent tissues stimulated by near-infrared radiation
(the IT group comprises the rats subjected to a single
intratumoural injection of GNR suspension with the
concentration 400 µg/mL [25]).

and N = 31 is the number of time points at which the
temperature was measured. In Fig. 2a, the groups with
equal volume of injected GNR suspension differing by
the tumour vascularisation degree are presented in pairs.

Table 2 Parameters for approximating the experimental data.
Group
number
1
2
3
4
5
6
7
8
9
10
IT

T0, °С
33.7±0.3
31.1±0.8
35.2±0.2
34.6±1.9
30.9±1.4
30.6±0.4
34.0±0.3
33.9±0.8
30.5±1.1
33.4±1.9
33.9±0.2
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A1
3.0±0.2
5.7±0.9
8.7±2.5
10.3±3.6
12.9±2.8
7.1±2.1
1.4±0.4
19.4±4.9
25.6±17.8
23.8±8.0
40.9±13.0

Approximation parameters
A2
4.6±0.9
7.7±3.1
6.2±4.1
7.6±1.6
11.6±0.9
13.1±3.4
6.3±1.9
8.1±3.5
18.6±4.7
15.7±4.1
19.0±0.9
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τ1, min
30.3±12.6
32.7±6.5
6.9±1.1
14.3±12.0
10.2±4.4
28.9±2.2
28.8±0.5
30.5±11.1
32.3±18.8
8.7±3.4
41.9±6.9

τ2, min
1.4±0.96
0.3±0.003
0.5±0.35
0.4±0.03
0.5±0.03
0.8±0.18
1.9±0.06
0.5±0.03
0.96±0.05
1.1±0.8
0.2±0.01
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20

when the same doze was injected only 1 day before
irradiation. In the latter case, the growth of temperature
in the surrounding tissues is essentially lower.

Well-developed
tumor vascularization

Weakly developed
tumor vascularization

o
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0
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b
Fig. 2 Partial contributions ΔT1 and ΔT2 to the
experimentally recorded temperature increment from the
tumour and the surrounding tissues, respectively, in the
groups of animals with equal volume of injected GNR
suspension.
In Fig. 2a it is clearly seen that in the case of weakly
expressed vascularisation degree the tumour heating due
to GNR does not provide the temperature of the order of
45°С [1], necessary for the damage of cancerous cells
(Groups 2-4), taking into account that the mean
recorded initial temperature for all groups being
32.9 ± 1.7°С (see Table 2). Similar situation is observed
for the animals with developed vascularisation of
tumour after a single injection (Group 8). With double
and triple increase of the GNR doze (Groups 9 and 10),
the temperature necessary for damaging the cancer cells
is achieved. However, for Group 10 we see
unacceptable temperature growth in the tissues
surrounding the tumour, which, to our opinion, is
related to the escape of GNRs from the tumour vessels
and their distribution in the surrounding tissues. This
conclusion is confirmed by the data presented in
Fig. 2b. It is clearly seen that when the GNRs are
injected 2 days before the irradiation, the observed
heating of surrounding tissues differs from the situation,
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The obtained results allow a comparison of the
techniques of gold nanorods injection providing the
maximal heating of tumour with laser radiation. The
maximal tumour temperature increase is related to the
maximal accumulation of gold nanorods in the tumour.
It is observed after triple intravenous injection of
400 µg/mL (the total dose 1200 µg/mL) 72, 48, and 24
hours before irradiation, provided that the vascular
system of the tumour is sufficiently developed, since the
accumulation of nanoparticles in the tumour tissue
depends on its vascularisation degree. It is shown that in
tumours with well-developed vascular system a trend
that can be detected is the growth of the partial
contribution of tumour heating under the increase of the
GNR dose. However, when using a triple GNR
injection, one can observe a damage of the surrounding
tissues. Thus, to our opinion, the double injection of
400 µg/mL (the total dose 800 µg/mL) 48 and 24 hours
before the irradiation is more preferable, if the vascular
system of the tumour is sufficiently developed.
One of the ways to evaluate the tumour
vascularisation degree is to use the Doppler USI. For the
values of the tumour vessels resistance index ≤ 0.3 the
vascularisation is sufficient for the PTTT procedure.
Thus, the Doppler US visualisation of blood flow can be
used to optimise the time of GNR injections before the
PTTT with the purpose of improving the procedure
efficiency.
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Abstract. A double-channel diagnostic fluorimeter operating in pulsed mode for in vivo
assessment of the content of advanced glycation end products (AGEs) in skin by the
autofluorescence integral intensity in the visible spectral region is developed. To excite
the fluorescence we use a light-emitting diode with the peak wavelength 365 nm. A
green light-emitting diode and an additional photodetection channel are intended to
allow for the skin phototype of the patient. The fluorimeter analogue electronics
comprises two photodetection channels based on silicon photodiodes. The accepted
noise-suppressing circuitry solutions reduce the effect of sun and illumination lamp
background light on the digital signal at the output of the 10-bit ADC to the one-bit level
in both channels. The digital part of the fluorimeter is based on the Arduino platform.
The software controls the operation modes of the fluorimeter, provides the quantitative
processing of results, the diagnostic data storage and visualization. The experimental
studies demonstrated the capabilities of revealing age-related changes in the skin.
© 2018 Journal of Biomedical Photonics & Engineering.
Keywords: skin autofluorescence; fluorimeter; advanced glycation end products;
medical diagnostics.
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1 Introduction
The intensity of induced endogenous skin fluorescence,
or autofluorescence (AF), is measured in vivo for
diagnostic purposes in endocrinology, cardiology, and
nephrology [1–8]. Complications of diabetes mellitus,
coronary heart disease, and renal insufficiency lead to
the increased concentration of advanced glycation end
products (AGEs) in the skin, manifesting itself in the
excess intensity of the skin AF. The processes of aging
[9] and biological oxidation [5] of tissues are also
accompanied by the change of AGE content in the skin.
The advanced glycation end products are a result of
the reaction of sugars with proteins without enzyme
participation. In collagen that contains a large amount of
glucose, the AGE manifests itself in the increased
number of covalent-bond cross-links [1]. The structures
most probably responsible for the fluorescence intensity
growth due to AGE include CDCCL (collagenasedigestible cross-links) and ECL (elastin cross-links), in
which the long-wave edges of the excitation and
emission bands amount to 360/420 nm and 390/420 nm,
respectively. With age, the rate of ECL accumulation
can slightly exceed that of CDCCL. Another cause of
such dynamics can be the accumulation of lipofuscin
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pigment. Its fluorescence maximum lies in the green
spectral region and the lipofuscin itself is known as an
age pigment. It is worth noting that the most probable
AGEs responsible for the increased level of
autofluorescence, such as CDCCL, ECL, and
pentosidine form a certain group of substances with
similar properties, including the fluorescent ones [6, 9].
To assess the AGE content they use either different
modifications of AGE-Reader devices [10], based on
measuring the AF spectrum, or original all-purpose
fluorimeters having a complex transformable structure
[4, 5, 11, 12]. Since the originality and universality
cannot provide operational and economic efficiency, the
development of portable and easy-to-operate
instrumentation for measuring the integral intensity of
skin fluorescence is rather urgent.
The portable fluorimeter is based on measuring the
integral parameter of the AGE content in skin, proposed
in Refs. [6, 7]. The idea is to calculate the ratio of the
measured value of the AF intensity in the wavelength
range 420–600 nm to the intensity of the fluorescenceexciting radiation in the wavelength range 300–420 nm,
elastically scattered by skin. The use of an integral
criterion allowed essential simplification of the
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diagnostic fluorimeter engineering solution by means of
using two photodiodes in the receiving part, one of them
installed after a cut-off optical absorption filter. This
photodiode provides the analogue integration of the
signal over the AF spectrum. The other photodiode
records the signal of the AF-exciting ultraviolet (UV)
radiation scattered elastically by the skin. At the
expense of high sensitivity of photodetection channels,
it was enough to excite AF with a low-power UV
photodiode with purifying optical filter. This allowed
the creation of a compact optical unit with low energy
consumption and low supply voltage.
Earlier the authors proposed capable versions of
diagnostic fluorimeters with continuous excitation [13]
and additional channel for elastic scattering [14].
However, in the process of trial exploitation the effect
of bright sunlight illumination on the instrument
indications was revealed, although the forearm of the
examined patient shielded the entrance window of the
device. This effect is probably due to the background
radiation arriving at the high-sensitivity detection
channel after multiple scattering in the skin. Besides
that, we observed intrinsic fluorescence from the cut-off
optical filter made of coloured glass FGL435 (Thorlabs,
USA), overlapping the AF spectrum of the skin.
In the integral assessment of AGE content in skin,
one should allow for the significant individual
variability of AF and elastic scattering signals [4],
which can reduce the reliability of diagnostics. The
probable causes of the individual variability include the
endogenous melanin [11], the saturation of skin with
blood microvessels at the measurement site [4], the
vessels blood filling [15], and the skin tissue mechanical
compression [16, 17]. Therefore, it looks promising to
introduce additional information channels that would
allow for the individual features of radiation absorption
in skin. In particular, the authors of Ref. [18] proposed
additional measurement of spectral intensity of radiation
from a white light-emitting diode (LED) scattered by
skin. However, the interpretation of the results for such
wideband signal gives rise to certain difficulties in the
measurement of the integral diagnostic parameter. In
this case, it is reasonable to perform the measurements
in the centre of the fluorescence band, using an
additional coloured LED for this purpose.
The purpose of the reported study was to develop a
version of the fluorimeter in which the individual
variability of the integral diagnostic parameter, the
effect of external illumination, and the fluorescence of
its own optical elements would be reduced. This
reduction was achieved by measuring the skin-scattered
radiation in the visible spectral region using pulsed
sources of radiation, frequency filtering in the
photodetection channels, and low-AF materials in the
construction of the fluorimeter optical scheme.
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2 Functional diagram of the fluorimeter
The functional diagram of the fluorimeter with pulsed
excitation is presented in Fig. 1. The excitation of AF of
the AGE is implemented using the radiation of the
EOLD-365-525 UV LED 1 having the peak wavelength
near 365 nm that passes through the purifying optical
filter 2 made of coloured 3 mm thick optical UFS6
glass. Detailed description of the function and choice
justification of the coloured optical glass UFS6 is given
in Ref. [14]. The UV radiation purified from the longwave component 3 through the window in the metallic
case of the device 4, covered with the protective glass 5
(microscope slide 1 mm thick), is incident on the
fluorescing object (forearm inner side) 6, applied to the
glass plate from outside.

Fig. 1 Functional diagram of the alternating-current
fluorimeter: 1 – light-emitting diode EOLD-365-525;
2 – purifying optical filter made of coloured optical
glass UFS6; 3 – ultraviolet radiation flux; 4 – metallic
case with a window; 5 – protection glass; 6 – object of
study; 7 – flux of radiation scattered towards the
photodetectors; 8 – cut-off optical ZhZS6 filter;
9 – BPW21R photodiode; 10 – SFH 229 photodiode;
11 – DFL-3014PGW green LED; 12 – flux of green
radiation; 13 – electronics unit; 14 – PC; thin arrows
show the electric connections and the directions of
electric signal transmission.
A part of the exciting radiation scattered by the
forearm skin and the fluorescence radiation 7 passes
through the cut-off optical filter 8 made of coloured
3 mm thick ZhZS6 glass, in which the elastically
scattered UV radiation is almost completely absorbed.
The ZhZS6 glass does not belong to fluorescent
materials [19] and, therefore, does not contribute to the
recorded signal, which was confirmed experimentally.
Thus, only the fluorescence radiation is incident on the
silicon BPW21R photodiode 9, so that the output
electric signal from this photodiode is directly
proportional to the integral intensity of the skin AF in
the transmission band of the filter 3. A part of elastically
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scattered and fluorescence radiation is incident on the
SFH229 photodiode 10. Since the quantum efficiency of
AGE fluorescence is small, we assume that the output
signal from the SFH229 photodiode is proportional to
the intensity of the exciting UV radiation, scattered by
the skin. This photodiode belongs to the channel of the
elastic scattering intensity measurement.
To reduce the variability of the integral diagnostic
parameter,
the
green
light-emitting
diode
DFL-3014PGW 11 with the peak wavelength 539 nm
was introduced into the optical scheme of the
fluorimeter.
The UV and the green LED are software switched
on by turns and operate in pulsed mode with the pulse
repetition rate 487 Hz, which allowed the synthesis of
the receiving electronics for the alternating-current
operation. The axes of the directional patterns of the UV
and green LED make an angle ~45о with the normal to
the protection glass 5. Thus, the 45о/0о geometry of
measuring the fluorescence and the elastic scattering is
accepted. The functional diagram is completed with the
unit of electronics 13 and the personal computer 14.

3 The fluorimeter electronics unit
The fluorimeter electronics unit comprises two
photodetector channels, two drivers of photodiodes, and
the Arduino board [20]. The first photodetection
channel is optimised for measuring the fluorescence
intensity and the second channel for measuring the
intensity of elastically scattered exciting UV radiation
and the radiation of the greed LED. The LED drivers
provide them with stable-amplitude currents, using the
source of reference voltage. The Arduino board
determines by software the sequence of switching the
LEDs on, the repetition rate, and the off-duty ratio of
the optical pulses.
A specific feature of the channel recording the
fluorescence radiation is the system of active noise
suppression, in which the frequency filtering method is
implemented. As frequency-selective element the lockin-amplifier [21] is used, since the fluorimeter
comprises a source of reference pulsed signal.
In the skin AF fluorescence intensity measuring
channel, the BPW21R photodiode operating in the
photoconductive mode is connected to the
transimpedance amplifier (current-voltage convertor),
the signal from which is preliminarily amplified by the
bandpass amplifier and arrives at the synchronous
detector. The role of electronic analogue key is played
by the CMOS multiplexor operating in the analogue
mode. The electronic key is controlled by the same
clock signal from the microcontroller unit, as the
illuminator driver (that provides the synchronous mode
of operation). The signal from the outputs of the
electronic key arrives at the inputs of the
instrumentation amplifier, where the detection occurs.
The detected signal is applied to the input of the active
low-pass filter. In the presented device, we use the
active low-pass Sallen-Key filter of the second order,
the nominals of the RC-components of which provide
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the Q-factor equal to 16. The electronic key, the
instrumentation amplifier, and the low-pass filter
comprise the synchronous detector. The detected
filtered signal arrives at the final amplifier, from which
the signal is transmitted to the analogue-to-digital
convertor (ADC) of the Arduino board. The final
amplifier executes the scaling function in order to use
the entire dynamic range of the ADC.
In the channel measuring the intensity of the
elastically scattered radiation, the silicon SFH229
photodiode is used as a photosensitive element. The
level of the recorded signal in this case is relatively
high, and no additional noise-suppression system is
necessary. One should only match the maximal level of
the output signal with the ADC dynamic range and
suppress the background radiation from the natural and
artificial illumination sources. The channel consists of
the transimpedance amplifier of alternating voltage and
the peak amplitude detector based on diodes with
doubling (to enhance the linearity, the Schottky diodes
with small forward voltage drop are used). The detected
signal is applied to the input of the second ADC of the
Arduino board.

4 Fluorimeter construction
Structurally the fluorimeter consists of a remote unit, an
additional 12 V power supply, and a PC. The base for
mounting the electronics 2 is the bottom cover 1 of the
case (Fig. 2). In the top cover of the case, a ∅10 mm
window is drilled that serves for exciting the patient’s
skin fluorescence and for receiving the fluorescence and
elastic scattered radiation. The optical-to-electrical (OE)
unit of the fluorimeter 4 is mounted coaxial with the
window. The OE unit carrying the LEDS and the
photodiodes determines the geometry of detecting the
intensity of fluorescence and elastic scattering.

Fig. 2 Construction of the fluorimeter remote unit:
1 – bottom cover; 2 – boards of electronics unit; 3 – top
cover of the case; 4 – optical-to-electrical unit.
For performing diagnostic procedures, the remote
unit is placed on a table with its window up. The inner
side of the patient’s forearm is applied to the window,
although, in principle, the remote unit can be applied
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itself to any part of a human body. The case of the
remote unit has the dimensions 153×83×51 mm.
The fluorimeter software creates and saves on a disc
of the controlling PC the file, containing the information
on the patient, the date and time of the diagnostic
procedure, the values of signals (counts) from the ADC
of the Arduino platform in arbitrary units for the UV or
green LED switched on. The file also contains the
results of statistical processing of the signals, in
particular, the arithmetic mean amplitudes during the
measurement time for the signals of autofluorescence,
MF, elastic scattering with the UV LED switched on,
MЕUV, elastic scattering with the green LED switched
on, MЕG; the coefficients of variation for the signals of
autofluorescence, VF, elastic scattering with the UV
LED switched on, VЕUV, elastic scattering with the
green LED switched on, VЕG; the mean amplitude ratios
of autofluorescence to elastic scattering in the UV
range, MRUV, autofluorescence to elastic scattering in
the green range, MRG, and autofluorescence signal to
the product of elastic scattering signals in the UV and
green range, MRUVG.

Thus, the instability of the optical-to-electrical
system of the fluorimeter that can be considered as the
instrumentation error does not exceed 2 arb. units.
The individual variability of the results and the
stability of the fluorimeter indications were estimated
by repeating multiple measurements at nearly the same
site of the left forearm inner side of the same volunteer
(Table 1). The first series of measurements simulated
the standard diagnostic procedure and was repeated
during 2.5 months every three days at nearly the same
time of the day. The second and the third series were
performed during one hour with removing the forearm
from the window before each new measurement. The
fourth series of measurements was performed without
removing the forearm from the window to demonstrate
the stability of indications.
Table 1 Individual variability of the measurement
results.

5 Results of the fluorimeter testing
The fluorimeter was calibrated using the black body
model (BBM) and the fluoroplastic sample – a certainly
non-fluorescing object with stable optical properties.
The experiments with BBM were aimed to estimate the
contribution of the electronic tract noises, the radiation
scattered by the fluorimeter elements, and the cross-talk
of channels due to imperfections of the purifying and
cut-off optical filter. The following results were
obtained. With the UV LED switched on at the output
of the fluorescence channel we got MF = 68 arb. units
with the coefficient of variation VF = 3%. At the output
of the elastic scattering channel we obtained
MЕUV = 14 arb. units with the coefficient of variation
VЕUV = 5%. With the green LED switched on at the
output of the elastic scattering channel we got
MЕG = 168 arb. units with the coefficient of variation
VЕG = 0,4%. Note that during the green LED operation
the fluorescence channel was automatically switched off
to prevent saturation. In the subsequent experiments, we
interpreted the above values as steady-state noises with
constant arithmetic mean values and programmatically
subtracted them.
In the fluorimeter trial with the stable fluoroplastic
scatterer and the UV LED switched on, no significant
signal increase at the output of the fluorescence channel
was observed, and the coefficient of variation amounted
to VF = 4%, which differs from the BBM experiments
by 1%, i.e., within the measurement error. The mean
value of the signal at the output of the elastic scattering
channel increased to MЕUV = 41.5 arb. units, the
coefficient of variation being VЕUV = 1.7%. With the
green LED switched on, the mean value increased to
MЕG = 318.2 arb. units, the coefficient of variation
being VЕG = 0.21%. The external background
illumination, caused by the sunlight and the illuminating
lamps did not manifest itself in the output signal.
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Coefficient of
variation
VF,
VЕUV, VЕG,
%
%
%

No. of
the
series

The number
of
experiments
in the series

1

28

13

20

22

2

8

10

8

4

3

10

4

6

3

4

8

1.0

2.1

1.7

Comparing the values of the variation coefficients
obtained in the series with removing the forearm from
the window, one can see that a considerable
contribution to the variability of indications arises from
uncontrollable changes in the conditions of the
experiment, caused by the change of the chosen area of
exposure and the forearm position. The series 4,
performed without removing the forearm, demonstrates
the stability of the instrument indications.
In 58 practically healthy persons aged from 16 to 65
years, a comparative experiment on the stability of the
diagnostic parameters MRUV and MRUVG with respect to
the endogenous melanin was carried out. The authors
proceeded from the fact that the skin of the outer side of
forearm contains greater concentration of melanin as
compared to the inner side. This fact can be easily
confirmed visually, since the outer side of the forearm
always looks more suntanned, and experimentally, by
the smaller values of the signals MFUVe, MЕUVe, MЕGe
for the outer side in comparison with their values MFUVi,
MЕUVi, MЕGi for the inner side.
The experiment was carried out as follows. The
inner and outer side of the forearm were alternately
applied to the input window of the device. As a result,
the values of the diagnostic parameters were measured
for the inner (MRUVi and MRUVGi) and outer (MRUVe and
MRUVGe) sides of the forearm of each arm, and the
absolute values of the relative differences of these
diagnostic
parameters
were
calculated:
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Table 2 Age-related changes of the normalised ratios.
Number
of tested
persons

Age
interval,
years

Interval
centre,
years

RFUV,
arb. units

Coefficient
of variation,
%

RFG,
arb.
units

Coefficient
of variation,
%

RFUVG,
arb. units

Coefficient
of
variation,
%

47

16-25

20

0.59

23

0.65

33

0.60

30

9

26-35

30

0.67

35

0.84

17

0.62

44

4

36-45

40

0.71

12

0.55

22

0.77

8

4

46-55

50

0.71

11

0.95

33

0.67

23

7

56-65

60

1.0

27

1.0

36

1.0

Parameters of linear
regression equation

k1

7.44×10

k0

0.435

DRUV = ⎪2 (MRUVi – MRUVe) / (MRUVi + MRUVe)⎪,

-3

0.446

(1)

DRUVG = ⎪2 (MRUVGi – MRUVGe) / (MRUVGi + MRUVGe)⎪. (2)

The arithmetic mean values of the relative
differences for 58 patients amounted to М(DRUV) = 0.28
and М(DRUVG) = 0.18, i.e., М(DRUV) / М(DRUVG) = 1.5,
which allows a conclusion that the diagnostic parameter
MRUVG is less sensitive to such destabilising factor as
endogenous melanin.
Table 2 summarises the measurement data for the
patients divided into age groups, with the standard
statistical processing of the results performed within
each group. The measured values of MRUV, MRG,
MRUVG were preliminarily normalised to the maximal
value in the group:

RFUV = MRUV / MRUV, max ,

(3)

RFG = MRG / MRG,max ,

(4)

RFUVG = MRUVG / MRUVG, max .

(5)

Then using the least squares method, the parameters
for the linear regression equation were determined for
each normalized mean value of the signals (3) – (5):

y ( t ) = k 1 t + k 0,

(6)

where t is the age of a healthy patient expressed in
years. The values of k1 and k0 for each of the functions
[RFUV(t), RFG(t), RFUVG(t)] ≡ y(t) are also presented in
Table 2.
The obtained trend of age-related changes of AGE
agrees with the results of Refs. [6, 9, 14] for all the three
ratios MRUV, MRG, MRUVG due to the small difference of
the linear regression parameters (see Table 2). One can
see that in the case of considering only the scattering
and absorption in the fluorescence emission band, the
ratio RFG is characterised by relatively large coefficients

J of Biomedical Photonics & Eng 4(1)

7.778×10

-3

34
7.677×10

-3

0.43

of variation. However, for the simultaneous
consideration of the skin absorption and scattering in the
UV and visible spectral region, RFUVG weakly differs
from the values obtained considering only the individual
skin properties at the excitation wavelength, RFUV. The
latter is probably due to two reasons: the greater
intensity of the exciting UV radiation and the limited
statistical data, which does not allow unambiguous
preference of one of the normalisation methods.

6 Conclusion
A fluorimeter intended for in vivo diagnostics of the
content of fluorescent advanced glycation end products
in human skin is designed, its characteristics are
experimentally studied and the trial measurements are
carried out. The use of pulsed radiation sources made it
possible to improve the noise immunity of the
fluorimeter against the background illumination, to
normalise the integral diagnostic parameter allowing for
the skin individual optical properties and phototype in
the visible and UV spectral regions, to determine the
individual variability of skin AF, and to reveal its agerelated changes. We demonstrate that the integral
diagnostic parameter, defined as the ratio of the
fluorescence intensity to the product of intensities of the
elastic scattering in the ultraviolet and green spectral
regions, is more robust against the variations
endogenous melanin content in skin than two other
ratios (the fluorescence to UV or green scattering
separately).
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