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Guest Editorial

It is my privilege and great pleasure to introduce this special issue of Asian J Phys (AJP) on
Biophotonics dedicated to Prof Valery V Tuchin, one of the pioneers of the field. Biophotonics deals
with the science of interaction of light with biological entities and encompasses the development and
advancement of optical technologies in the biomedical domain. When Editor-in-Chief of AJP, Prof Vinod
Rastogi approached me to guest edit this special issue of biophotonics to honor the immense contributions
of Prof Tuchin that spans over a few decades, I accepted his invitation wholeheartedly. By the way at that
time I was not aware of that they both know each other very closely, and Prof Tuchin had edited an issue
of AJP.

Prof Tuchin started his research in biophotonics around the late nineteen eighties when the field was
truly in its infancy. Over the next couple of decades, the field saw a dramatic expansion, which was coupled
with the tremendous growth in the field of photonics, specifically, in laser technology, photo detectors, fiber
optics, non-linear optics, nano-scale optical technology, optical microscopy and spectroscopy, optical imaging
and image processing. This has shed light deep into the realm of biology by uncovering potentially valuable
information about the structure and function of biological entities ranging from tissues, cells, sub-cellular
structures to biomolecules. The unprecedented ability to probe biological objects utilizing various degrees
of freedom of light, like, polarization, coherence, phase, spectra, temporal pulse profile and spatial modes
of laser beams have provided biophotonics the much desired cutting edge over other existing technologies.
The minimally invasive nature of the light-based methods also provided an important advantage in medical
diagnostics. Optical methods have thus opened up a new horizon and plethora of applications of optics in
biology; leading to development of highly sensitive spectroscopic techniques for disease diagnostics and
therapy monitoring, devising new biosensors and novel biomaterials, contrast agents, developing imaging
strategies and novel optical methods for high resolution imaging of biological structures, optical micro
manipulation of biological objects, invention of new modalities of photodynamic therapy, development
of novel nano-biophotonic devices. Throughout the years, Prof Tuchin has made outstanding research
contributions in almost all the aforementioned domains of biophotonics. His contributions in this field are
not only limited to the high quality research publications that have opened up completely new avenues,
but he has also made remarkable contributions in not only educating the biophotonics community through
many important books and book chapters but also in popularizing the field in a wider scientific community
and beyond. His contributions have inspired generations of researchers to take up a career in this truly
interdisciplinary field. Prof Tuchin has thus played a pivotal role by pioneering research in biophotonics
and has been instrumental in bringing this field to the current state where it has already created a substantial
paradigm shift in human healthcare and photomedicine. Needless to mention, over the years Prof. Tuchin
has received numerous awards and prestigious honors for his outstanding contributions both in research and
in science education, some details of which can be found on the inner cover of this issue of the journal.

The goal of this special issue of Asian Journal of Physics is to summarize current state of biophotonics
research, highlighting the recent trends and reflect upon the future of this field. This issue contains sixteen
invited contributions made by renowned experts in the field of biophotonics covering key domains such
as biomedical imaging, tissue polarimetry, biomedical spectroscopy, optical micromanipulations and nano-
biophotonics. Although the scope is broad, many aspects of biophotonics are not covered here. My hope
is that this issue will be of interest to the general readership as well as to the biophotonics researchers and
will be able to provide a glimpse of the exciting developments and the outstanding issues in this challenging
field.

As noted above, there has been growing interest in the use of optical methods for biomedical
imaging and diagnosis. This is motivated by the fact that the optical methods can image biological tissue



and its underlying structures with resolution down to few micrometers and also offer the possibility of in situ
monitoring of disease. However, a major stumbling block in using optical techniques for medical imaging
is the fact that multiple scattering of light within a turbid medium like tissue leads to loss of directionality
causing image blurring. Over the past few decades, several innovative experimental approaches have therefore
been developed by using various degrees of freedom of light to extract the un-scattered or weakly scattered
(ballistic or image bearing photons) light reflected or transmitted from tissue for obtaining the desirable high
resolution image of the relevant tissue structures. The use of the polarization and the coherence property of
light as a kind of gating mechanism to discriminate against the image blurring multiply scattered photons
from the image bearing ballistic photons have shown particular promise for in-vivo tissue imaging.

The first four articles of this issue deal with developments related to the area of Tissue Optical
imaging and tissue polarimetry. The very first article specifically deals with quantitative tissue polarimetry
that aims to extract and quantify the intrinsic polarization properties of various anisotropic tissue structures
for their potential applications in quantitative and early diagnosis of diseases or for monitoring the response
of therapy. This article is co-authored by three leading experts in the field of tissue polarimetry, Prof Razvigor
Ossikovski, Prof Tatiana Novikova and Prof Enric Garcia-Caurel along with their co-workers at LPICM,
CNRS, Ecole Polytechnique, France. In this enlightening article, the authors have outlined the outstanding
challenges in quantifying and interpreting the complex polarimetry signal from tissue and discussed with
illustrative results how a novel Mueller matrix (a 4x4 intensity matrix that contains complete polarization
information of a sample) measurement and inverse analysis method can be used to address some of these
challenges to extract and quantify potentially valuable morphological and biochemical information on tissue
through the derived polarimetry parameters. The next article is co-authored by yet another international
expert and pioneer of tissue polarimetry research, Prof J C Ramella-Roman along with her co-workers at
Florida International University, Miami, USA. This paper demonstrates a unique multi-spectral Mueller
matrix imaging polarimeter and explores its potential for quantitative imaging of tissue structural anisotropy
that originates from the presence of organized collagen matrix, which is the major structural protein in the
cervix. This study exploits the change in polarization anisotropy as a sensitive probe of the disorder of
cervical collagen structure associated with disease. The next article by Prof Honghui He, Prof Hui Ma and
their co-workers at Tsinghua University, China complements the previous two articles on tissue polarimetry
and addresses a very pertinent issue on monitoring the efficacy of tissue optical clearing in polarized light
imaging. The results clearly demonstrate that tissue optical clearing leads to substantial improvement in
the penetration depth, imaging resolution and contrast of polarimetry, which may have significant impact
on some of the unresolved issues in optical imaging of tissue. The final article in this category is on optical
coherence tomography (OCT) of tissue by Prof Renu John and his co-workers from IIT Hyderabad, India.
The OCT technique employs coherence gating method by using a low coherent light source in a basic
Michelson interferometer configuration to obtain depth sectioned optical images of layered medium like
tissue. While the traditional OCT systems have already made its way into the clinics for ophthalmic imaging,
the application of the various other modalities of OCT for bulk tissue imaging and for quantitative diagnosis
of disease like cancer is still under intensive investigation. This paper provides a comprehensive overview
of the current state of the application of such OCT systems for the detection of malignancies of various
organs including oral cavity, gastrointestinal (GI) tract, stomach etc.

The next section is devoted to Optical spectroscopic diagnosis with seven articles on the use of
various optical spectroscopic methods for biomedical diagnosis, tissue characterization and for early detection
of disease. Diagnosis of disease such as cancer using optical spectroscopic techniques is an important area in
biomedical optical research. For optical diagnosis, one makes use of the elastically or in-elastically scattered
light from tissue. While the elastically scattered light bears useful information on underlying morphological



and physiological state of a tissue, the in-elastically scattered light (via processes like fluorescence and
Raman) is characteristic of the chemical composition and thus contains biochemical information on tissue.
Uses of fluorescence, Raman and elastic scattering spectroscopy have therefore yielded very promising
results for early and quantitative diagnosis of diseases like cancer. The first article in this context is by Prof
Asima Pradhan on the use of wavelet based fractal analysis on phase contrast and bright field microscopic
images on tissue section for cervical pre-cancer detection. It is pertinent to note here that Prof Pradhan had
carried out pioneering studies on the use of optical spectroscopy for cancer diagnostics in the late nineteen
eighties. Since then her research has been focused on the evaluation of the potential of the various optical
spectroscopic and imaging methods for precancer detection. A representative example of one such recent
study is provided in this article, where she along with her co-workers at I[IT Kanpur, India have explored a
novel wavelet based image analysis method for the quantification of fractal tissue optical parameters and their
subsequent use in quantitative diagnosis of different grades of cervical precancers. The results appear very
promising and warrant further exploration on this domain. The next article is by Prof Shovan K Majumder
and his co-authors from RRCAT, Indore, India, which provides a comprehensive account on the use of
multi-modal spectroscopy for early diagnosis of oral cancer. Prof Majumder had led research on the use
of both Raman and auto-fluorescence (fluorescence from endogenous tissue fluorophores) spectroscopy for
precancer detection in India over a couple of decades which has culminated into development of several
portable spectroscopic diagnostic systems for in-vivo deployment at hospitals and clinics. This review article
documents effort directed towards development of such clinical diagnostic systems. The next two articles
are on the use of Raman spectroscopy for precancer detection. The article by Prof C Murali Krishna, TMC-
ACTREC, Mumbai, India provides a status update of their studies on the use of Raman spectroscopy for both
diagnosis and therapy monitoring of oral and cervical cancers. The conventional Raman and fluorescence
spectroscopic systems usually detect spectroscopic signal integrated over the tissue volume probed by the
excitation light. Depth resolved spectroscopic measurement from tissue may turn out to be extremely useful
in the context of tissue diagnostics as onset and progression of many diseases including cancer is strongly
correlated with the changes in the depth distribution of the biochemical compositions responsible for the
disease. This crucial issue is addressed by Prof S K Majumder and his group in the next article, where
they have reported an innovative approach for depth resolved Raman spectroscopic measurements from
a layered turbid medium like tissue. The article by Prof N Sujatha and her co-workers from IIT Madras,
India focuses on the use of diffuse reflectance spectroscopy for extracting skin melanin concentration.
Modeling light propagation in tissue is absolutely essential for optimization of the experimental system based
on either elastic scattering, fluorescence or Raman spectroscopy. Light propagation in a complex turbid
medium like tissue is usually modeled by radiative transport theory or by Monte Carlo simulations. While
the former approach is less flexible to the geometry, boundary conditions etc., the latter is time consuming
and cumbersome. In this very interesting article the authors have used finite element modeling (FEM) and
demonstrated its efficacy for quantitative assessment of changes in skin melanin content from the recorded
diffuse reflectance spectra of tissue. In the next article, Dr Nandan Das and co-authors at BioNap, IISER
Kolkata, India have presented an innovative approach of quantifying the multifractal nature of the spatial
variation of the refractive index of tissue from light scattering measurements. They demonstrate that the
derived multifractal tissue optical properties are sensitive to subtle morphological changes associated with
precancers. The last article in this sub-section by Prof S K Majumder and his group deals with the diagnosis
of pulmonary tuberculosis using a portable fluorescence spectroscopic imaging system.

We have three very high quality articles on Optical tweezers and optical micro manipulation of

biological objects from the leading experts in this area. The fact that light can carry linear momentum and
that it can exert force on microscopic particles, led to the development of the so-called optical tweezers by



Prof Arthur Ashkin in the mid nineteen eighties. In the most conventional form of optical tweezers, tightly
focused fundamental Gaussian laser beam enables three dimensional confinements of microscopic particles
due to the presence of gradient force along the directions of the intensity gradients. In addition to trapping,
tightly focused laser beams can also be used for controlled rotation or revolution of trapped microscopic
particles. This makes use of the fact that in addition to linear momentum light can also carry both spin and
orbital angular momentum (AM) that are related to the circular (elliptical) polarization and phase vortex of
light beam, respectively. Thus, while a circularly polarized Gaussian beam can carry spin AM, a circularly
polarized Laguerre Gaussian (vortex) beam catries both spin and orbital AM. The angular momentum carried
by light beam can be transferred to microscopic particles under favorable conditions making them to rotate
or revolve. This is known as the optical spanner. Ever since its discovery, due to the unprecedented ability
to selectively trap and manipulate microscopic objects, optical tweezers have emerged as a valuable tool for
biologists. In fact, Prof Ashkin was awarded the Nobel Prize in Physics for the year 2018 for his discovery
of optical tweezers and its remarkable applications in biological sciences over the years. The article by Prof
Samarendra K Mohanty and co-author from Nanoscope Technologies LLC, Texas, USA provides example
of one such fascinating application of optical tweezers in controlled stretching of Red blood cells (RBC).
The stretching is subsequently quantified using digital holographic microscopy system integrated with the
optical tweezers. The technique may find useful applications in probing and identifying morphological
changes associated with diseases like malaria and cancer by simultaneous measurement of refractive index
and elasticity of the cells. In the next article by Prof Ayan Banerjee and his group at IISER Kolkata, India,
a new variant of the optical trap, namely, photophoretic optical trap is presented. The trap is characterized
using an innovative approach by measuring motional resonances of trapped absorbing mesoscopic particles.
Many promising biological and non-biological applications of this new technique is envisaged, e,g., for
the characterization of aerosol and bio-aerosol particles present in air. The article by Dr Basudev Roy and
co-workers at IIT Madras, India, have discussed the development of a novel approach for the generation of
the pitch and the roll degrees of freedom of rotational motion of spherical particles in optical tweezers. This
technique may open up new avenues for control and manipulation of optically trapped biological objects,
for example in experiments biasing tug-of-war of molecular motors.

The last two articles of this issue are in the domain of Nano biophotonics. The area of Nano
biophotonics has expanded rapidly in recent times taking advantage of the development in the fields of
nano science and nano technology in general. It is impossible to cover the vast amount of research carried
out in diverse aspects related to nano biophotonics within the limited scope of this issue. The purpose
of the two selected articles in this domain is therefore to provide a flavor of nano biophotonics research.
Optical properties of noble metal nanoparticles / nanostructures, governed by the so-called surface plasmon
resonance effects have evoked intensive investigations in recent times owing to their fundamental nature and
potential applications. The plasmon resonances, owing to their distinctive spectral (wavelength dependent)
characteristics and inherent sensitivity towards local dielectric environment, are being pursued for numerous
practical applications. The applications include, biomedical and chemical sensing, bio-molecular manipulation,
contrast enhancement in optical imaging, surface enhanced spectroscopy, development of novel nano-optical
devices, optical information processing and data storage and so forth. The article by Prof Sharad Gupta
and his group at IIT Indore, India addresses an important issue on green synthesis of plasmon resonant
copper nanoparticles for surface-enhanced Raman spectroscopy. The initial results indicate that the green
synthesized biocompatible copper nanoparticles hold considerable promise for in-vivo bio-sensing. The final
article of this issue by Dr Shourya Dutta Gupta of IIT Hyderabad addresses a new domain of plasmonics
that on plasmonic trapping . It unravels intriguing information on the role of the intensity and polarization
of light on the dynamics of particles trapped in the near-field of the plasmonic structure and opens the door
for developing new generation of plasmonic nano-manipulators.



We sincerely hope that this special issue will be of interest to the biophotonics community and a
useful reference to the current status and future trends in the field of biophotonics. We also hope that this
issue serves to highlight the importance of biophotonics research to a wider community stimulating new
ideas and encourages further research into this promising field.

We thank all the authors and the reviewers, who, despite their many other commitments, have
contributed immensely to bring together a collection of high quality and insightful papers in this issue. I
thank Prof Asima Pradhan, IIT Kanpur for her valuable advice on various aspects of this special issue on
biophotonics. The issue was made possible by dedicated efforts from the editorial team. I am particularly
thankful to Mr Manoj Kumar, Ms A Singh, Ms Laxmi for the hard work they have put in to meet the
deadline. Finally, I sincerely thank Prof Vinod Rastogi, Editor-in-Chief of Asian Journal of Physics for
giving me this opportunity and for his stimulating encouragements time to time for this special issue.

N Ghosh
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of a biological tissue where all three optical effects (retardance, dichroism and depolarization) may occur
simultaneously [6].

The preparation of spatially homogeneous and real thickness-uniform skin tissue samples is a
difficult task because of the inherent softness of material. Prior to the study of tissue-like samples, phantoms
consisting of rutile (TiO,) submicron spherical particles embedded in transparent PVC-based host material
were characterized as a simple model of a turbid scattering medium. The TiO, particles act as light scattering
centers in the host medium. The phantom samples can be easily controlled to achieve the desired parameters
(concentration of scatterers, thickness, refractive index); consequently, they are particularly helpful in
understanding how the polarimetric properties of the sample vary with its physical parameters. Next,we
extended the experimental studies to human skin equivalents. Both polarization and depolarization properties
showed different behavior according to the specific regions of the skin phantom sample; consequently,
statistical description (based on mean values and standard deviations) was applied to understand the
polarimetric properties as well as to verify the validity of the LMMD in this kind of anisotropic scattering
media.

By revisiting previously obtained experimental results, the purpose of the present study is to review
the applicability of the differential MM formalism, as well as to validate the polarimetric properties picture
obtained within its framework, on the above mentioned two types of tissue phantoms: inorganic embedded
particles and human skin equivalents.

2 Materials and Methods

2.1 Experimental set-up

A custom-built Mueller polarimetric microscope in transmission configuration was used to measure
the Mueller matrix of the samples. The schematics of the experimental setup is shown in Fig 1. The white-
light LED source operates in the visible wavelength range; an interferential color filter (S0nm bandwidth)
is used for the selection of the wavelength of interest (550 nm in Fig 1) in the detection arm. A set of lenses
and two diaphragms, followed by a polarization state generator (PSG), is used for independent control of the
beam divergence and size. The PSG is made of a linear polarizer and two ferroelectric-liquid-crystal retarders
(Meadowlark FPR-200-1550). It generates four polarization states (i.e. four Stokes vectors) by controlling
the voltages applied on the liquid crystal retarders. Two objectives defining the field of view (FoV) are placed
between the PSG and Polarization State Analyzer (PSA). A pair of 20x objectives with a FoV of around 600
um was used. The PSA consists of the same optical components as the PSG, but the arrangement is reciprocal
to that of the PSG. Four different polarization states are generated by the PSA for the polarization state
analysis. Thus, sixteen measurements (four input states analyzed by four output ones) are performed to obtain
the sixteen elements of the Mueller matrix. The transmitted light passes through an imaging lens (Thorlabs
AC254-030-A-ML) followed by PSA. An imaging CCD camera (AV Stingray F-080B), placed directly in
the transmitted beam path and coupled to a telephoto lens adjusted to infinity, detects the intensity of the
transmitted light. Since the sample is placed on the principal object plane, its real space image is formed on
the CCD detector. The measured Mueller matrix is further decomposed by the LMMD to extract and quantify
the polarimetric properties of the sample.

The signal level registered by the CCD camera showed significant variations depending on the
thickness of the sample. In fact, the transmittance of a thinner sample is higher than that of a thicker one
in accordance with Beer-Lambert’s law. When measuring relatively thin samples, a significant fraction
of the incident light would be transmitted directly without scattering. The measurements were performed
within a given intensity range ensuring linear response. Over- or underexposure problems could occur when
switching from one sample to another; to prevent the exposure problem (saturation or dark), the integration
time of the CCD camera was adjusted for each sample to get a well-balanced signal level of all sixteen images
corresponding to the MM.
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Bruker’s Dektak® stylus profilometer was used to measure the depth profiles of the skin equivalent
cuts. Since the stylus profilometer can provide accurate and reproducible measurements on various surfaces,
it is generally a good choice for measuring biological tissues that exhibit uneven surfaces. Microscope glass
with the histological cut of artificial skin was placed on a holder, and the measurement tip was located above
the substrate region in the close vicinity of a sample. Then tip was moved down until reaching the substrate
for taking a reference. While the sample holder was moving horizontally, the tip followed the surface and
recorded its profile. For 3D depth profile reconstruction the measurements were repeated ten times. The
lateral tip shift between each scanning step was set at 5 pum. The 3D depth profile was used to calculate
average and standard deviation values of the tissue thickness in the areas of interest. It is important to note
that the scanned area practically matched the one imaged by the Mueller microscope.
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Fig 1. Schematics of the custom-built polarimetric Mueller microscope.

2.2 Specimens

As mentioned in the introduction, two types of phantoms were used to mimic human skin tissue.
The first type was based on rutile (TiO,) submicron particles as scattering agents. The TiO, particles were
uniformly distributed in a polyvinyl chloride (PVC)-based transparent host material [7,8]. Particle size
distribution (as measured by an electron microscope) followed the log-normal law with a mean value of
0.530 £ 0.010 um and a standard deviation of 0.446 + 0.016 um. The PVC-based material was used as a
matrix (host medium) for the phantom fabrication; it becomes transparent due to the polymerization after
annealing at high temperature. The three types of samples were made with different concentrations of the TiO,
particles (1.5, 3.0, and 6.0 mg/ml); they formed plastic sheets of around 1-mm thickness. Spectrophotometric
measurements were performed to find the intrinsic absorption of the samples, but the values were found to be
negligible compared to the scattering coefficients. Therefore, the samples could be considered as absorption-
free solid scattering (turbid) media.

The phantoms of the second type were full-thickness human skin equivalents (models) described
phenomenologically as anisotropic scattering media. The samples were produced in vitro from primary
human skin cells (keratinocytes and fibroblasts) and collagen hydrogel, and partially reproduced the anatomy
of human skin [9,10]. The keratinocytes differentiated in vitro and formed an epidermis with the same



4 Hee Ryung LEE et. al.

anatomical layers as in vivo: stratum basale, stratum spinosum, stratum granulosum, and stratum corneum.
The dermal part of skin equivalents consisted of a collagen type-1 hydrogel with human primary fibroblasts.

The skin models were grown in cell culture inserts (Corning TMSnapwellTM) with a diameter
of 12 mm. The 600 pm thick tissue disks included to pepidermal and bottom dermal parts. The epidermis
thickness was about 100 um, whereas the dermisone was close to 500 um. The grown tissue models were
rinsed with phosphate-buffered salt solution and fixed with Roti® Histofix 4% for 4 h at room temperature.
The fixed samples were embedded in paraffin in an embedding machine. Then, the disk of the paraffin-
embedded skin tissue model was cut along the diameter using a microtome. A set of adjacent histological cuts
of five different nominal thicknesses (5, 10, 16, 20, and 30 um) were prepared. Thereafter, the samples were
deparaffinized for 20 min in Roticlear® and placed on a microscope glass slide without coverslip. Figure 2
represents the steps of the preparation procedure.

(c) (d)
(a) (b)
SO -Qu -t
Spm

Fig 2. Preparation of the artificial skin tissue cuts with 5 different thickness values (5, 10, 16, 20, and 30 um).

The real dermis can be divided into two regions (uppermost part: stratum papillare and lower part:
stratum reticulare). Since the stratum papillare serves only as a mechanical interlocking of the dermis and
epidermis, it was not recreated in the skin model. However, the typical cell sizes and shapes of the skin
models are the same as the ones observed in real in vivo human skin. These similarities and other functional
properties (barrier function, transporter expression) led to the use of this skin model as an efficient alternative
to human donor tissue or animal models. In addition, human skin equivalents can be produced with less
variability compared to that of real human skin.

2.3 Logarithmic Mueller Matrix Decomposition (LMMD)

The decomposition of the Mueller matrix (MM) is an algebraic method to extract and quantify
the phenomenological polarimetric properties of the sample of interest. Various approaches to decompose
the MM have been advanced over the last twenty years, and several of them (e.g., Lu-Chipman, reverse,
symmetric and logarithmic decompositions) are currently used to interpret of the MM data. Most of the
approaches assume that the sample consists of several layers with different polarimetric properties each
(e.g., retardance, dichroism, and depolarization). Conversely, the logarithmic Mueller matrix decomposition
(LMMD) considers all optical properties as intermixed and continuously distributed along the optical path
within the volume of sample. Since this is the case for biological tissues, LMMD is particularly suitable for
analyzing these in a transmission configuration.

The differential Mueller matrix formalism is lying in the basis of LMMD. It describes the evolution
of the polarization and depolarization properties along the light path-length in the medium. Within the
framework of the formalism, the transmission Mueller matrix is expressed through the propagation equation:

P - meme) n
z

In Eq (1) M(z) is the Mueller matrix of the medium at the position z along the direction of light
propagation, while m(z) is the differential matrix. The differential matrix m of a depolarizing medium can
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be decomposed into G-antisymmetric, m,,, and G-symmetric, m,, parts, where G = diag(1, —1,—1,—1) is the
Minkowski metric matrix (the subscript T denotes the matrix transposition) [11]:

1 1
my, = (m - Gm'G), m,= 5 (m+ Gm'G) )

0 P p2 p3 dy d d, ds
Pr 0 pg —ps L|-d do—dy ds ds 3)
P2 —ps 0 pa| |-dy dy dy—dy s

Pips —p, 0] \dy ds dy, dy—d,

m=m, +m,=

The components of the matrix my, (p; to ps) contain the six elementary polarization properties:
P1, P> linear (along x-y and £ 45° axes) dichroism, p; — circular dichroism, p,, ps — linear (along x-y and
+ 45° axes) retardance, pg — circular retardance. The retardance (or birefringence) and dichroic properties
in the matrix m,, are proportional, respectively, to the real and imaginary parts of the linear and circular
anisotropies that represent the differences of the linear and circular complex refractive indices of the medium.
The elements dj, to dy of the matrix m, stand for the depolarization properties of the medium. In detail, the
diagonal elements d; to dy refer to the anisotropic depolarization properties, whereas the elements d; through
dg indicate the uncertainties of the polarization properties. For a non-depolarizing medium the differential
Mueller matrix m coincides with the matrix my, (i.e. the matrix m, vanishes).

The depolarization present in the Mueller matrix of a continuous depolarizing medium is the result
of spatial or temporal averaging process as the polarization properties fluctuate [12,13] along light path-
length. In addition, if the fluctuations are assumed to be uniform, which means the medium is homogeneous
along the direction of light propagation, the differential matrix m takes the form:

m = (m) + (Am*)z; my, = (m); m, = (Am’)z “)

The bracket (...) indicates the spatial averaging in the transverse plane. The matrix m,, provides
the mean values (denoted by (m)) of the polarization properties. The matrix m, contains the mean square
values of the fluctuations of polarization properties, i.e. their variance, or uncertainty, (denoted by (Am?)).
Most generally, the matrix m,, contains the polarization properties, whereas the matrix m, characterizes the
depolarization. [11,14]

Substituting Eq (4) into Eq (1) and integrating the latter along z yields:
1
M(z) = exp |myz + 5 (Am?)Z? 5)

From Eq (5), it follows that the mean value of the polarimetric properties m, (identical to my,) evolve
linearly with the optical path-length (or thickness) z. The depolarization properties, calculated from m,, scale
up quadratically with the thickness. The differential matrix m can be obtained through the logarithm L [6] of
the Mueller matrix decomposed to L, and L, in accordance with Eq (2). For a slab of unit thickness (z = 1),
the antisymmetric, L, and symmetric, L,,, components would be thus equal to the mean values and half the
variances of the polarization properties, respectively,

L=InM, L=L,+L, (6)

1 1
Ly=5 (L~ GL'G), L,=5(L- GL'G), (7)

1 1
Lp=m,= (m), L,= E m, = 5 (Am2> (8)
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The phenomenological interpretation of the medium in terms of the polarimetric properties is thus
possible by evaluating the two logarithm matrices L, and L.

3 Results and Discussion

3.1 Depolarization inhomogeneous turbid media

The LMMD approach expressed by Eq (5) has been extensively used for the characterization of turbid
media like biological tissues targeting medical diagnostic [15,16]. Notably, the studies of the propagation
of polarized light in a turbid tissue-like scattering medium by using LMMD could provide significant added
value in understanding the mechanism of depolarization in cancerous or non-cancerous biopsy samples.
For this purpose, the phantom samples consisting of TiO, submicron particles embedded in PVC-based
host material [7-8] were used as a model of a homogeneous depolarizing turbid medium [17]. The plastic
sheet samples (~1 cm x 1 cm) were cut into small pieces and piled up on a glass substrate to obtain different
path-length z (thickness) values. It should be noted that it is crucial to minimize the formation of an optical
interface between adjacent layers during the piling process in order to ensure material and optical continuity.
Whenever a new layer was added, a measurement was performed. The Mueller matrix of the bare substrate
was found to be equal to the identity within the experimental uncertainty.

If the randomly distributed and rotationally symmetric particles and their mirror particles occur in
equal numbers, the Mueller matrix of forward scattering [ 18] is:

M = diag(1, a, a, b)

where @ and b stand for the depolarization coefficients corresponding to a rotationally invariant diagonal
depolarizer. The matrix logarithm of the M is:

L =Lu =diag(l, In a, In a, In b) = diag(0, a1, a;, 03) (10)

The G-antisymmetric part L, of the matrix logarithm L, related to the polarization properties of
the medium, is identically zero. Vanishing L, implies zero mean values for the polarization properties ((m)
= 0); see Eq (8). The coefficients a;, a, = a;, and a3 lying on the diagonal of the G-symmetric part L, of L,
are the logarithmic depolarizations. Like L, the variance matrix (Am?) of a rotationally invariant diagonal
depolarizer, shown in Eq (8), is of diagonal form:

(Am?) = diag(0, ~(|AL*) - (|ACP), —(|AL[’) - (|ACP), -2(|AL[)) (11)
where AL and AC are the fluctuations of the complex linear and circular polarization properties L = LD + i
LB and C = CD + i CB, respectively. Here, LD, LB, CD, and CB stand, respectively for ‘linear dichroism’,
‘linear birefringence’, ‘circular dichroism’ and ‘circular birefringence’. L'= LD’ + i LB’, the complex linear
polarization property along + 45° axes, is equal to L = LD + i LB, the x-y linear property, in virtue of the
rotational invariance. In addition, all covariances (AP; AP,") between pairs of properties P; and Py (with j #
k) vanish due to the diagonal form. The first diagonal element a;I (I stands for the identity matrix) in Eq (11)
has been zeroed. Substitution of Eq (11) into of Eq (8) and identification with Eq (10) yields:

w=a =3 (ALD) + (ACP)Z and a3 = —(ALP) 2 (12

As seen from Eq (12), the logarithmic depolarizations are proportional to the variances of the
elementary properties, and scale up quadratically with the path-length z. The experimental verification of
Eq (12) is shown in Fig 3. The equality of two logarithmic depolarizations (a; and a,) due to the rotational
invariance was experimentally demonstrated within the measurement uncertainty. Consequently, only the
two parameters o; and o3 for each of the three different concentrations of TiO, particles were plotted as
functions n of the number of piled-up layers. Notice that the overall path-length in the medium, given by z
= nz,, is linearly related to n, z, being the thickness of a single layer. The absolute values of the logarithmic
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depolarizations become larger when the concentration of TiO, particles increases. Due to the low transmittance
of the highest-concentration sample, the measurements were performed on only three layers.The graph
demonstrates a definite relationship between the two logarithmic depolarizations (|o;| < |az|), which implies
(JACP) < (|ALP?) that as follows from Eq (12). Consequently, the L(= L’) property fluctuates more than the
C-one.

0F
At
[x}
s 2}
T
c
©
< -3
4} ca, —Fita, 3 mg/ml
ad, - Fita,
_5 1 1 1 1 1 1 1
0 1 2 3 4 5 6

number of layers n

Fig 3. Evolution of the logarithmic depolarizations a; (= a,) and a3 with the number of layers for
three particle concentrations (1.5, 3, 6 mg/ml). Error bars correspond to standard deviation values
and lines are parabolic fits to the data.

0.8} std(L): o — lin. reg. A
std(C): o --- lin. reg. gis
O 0.6}
S
k7
2 04
[§+]
=
©
< 0.2
0.0}

0.0 1.5 3.0 4.5 6.0
concentration (mg/ml)

Fig 4. Variation of the standard deviations of the linear (L= L") and circular (C) polarization properties
with the concentration of particles. The straight lines are linear regressions to the data.

The dependence of the two logarithmic depolarizations with the number of layers n being An?, the
parabola coefficient 4 can be used to assess the magnitudes of the fluctuations of the polarization properties.
Table 1 represents the experimental values of 4 for each concentration of TiO, particles.
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Table 1. Experimental values of the parabola coefficient 4; of the parabolic fit to the logarithmic
depolarization; (i = 1,3).

conc., mg/ml 1.5 3.0 6.0
A, —0.0536 +0.001 —0.146 + 0.003 —0.66 + 0.04
As —0.0576 + 0.004 —0.153 +£0.003 —0.70 £ 0.04

The variances ({(|AL|*) z#, (|AC*) z¢) of the elementary properties L (= L") and C appearing in Eq
(12) were obtained from the fitted parabola coefficients 4 at each particle concentration. In addition, the
standard deviation of two elementary properties (L and C), plotted in Fig 4, can be evaluated from std (L)

=J ((|AL|?) z¢ and std (C) = +/({J/AC|?) z¢, respectively. As mentioned, the larger the concentration of the

particles acting as scatterers, the larger the depolarization. The two standard deviations std(L) and std(C) both
exhibit linear dependence with the concentration of particles; their slopes were found to be 0.131 + 0.004 ml/
mg and 0.138 = 0.003 ml/mg, respectively. Although the difference of slopes is relatively small (~5%), one
observes that std(C) < std(L), in accordance with the previously obtained result (|AC|?) < (JALJ?).

3.2 Logarithmic Mueller matrix decomposition (LMMD) in biological tissues

Skin model histological cuts with five different thicknesses were studied to understand the
optical properties of biological tissues. Mueller matrix images of skin models were acquired with Mueller
microscope and processed pixelwise with the logarithmic Mueller matrix decomposition (LMMD). The
linear  retardance and linear depolarization properties were extracted to characterize the optical properties

. o . . _ 2 2 - . -
of the skin models. Figure 5 shows the images of the total linear retardance (Rt = ./ p4 + p5 in Eq (3))
together with the diagonal linear depolarization a,,. The three different regions (bare glass, dermal, and

epidermal regions) are distinguishable in the maps of two polarimetric properties Rt and a,,. The bare glass
slide does not exhibit any polarization (Rt = 0) or depolarization (a,, = 0) properties. Note that the glass slide
is suitable for use as a reference during the calibration owing to the lack of any polarimetric properties.

Fig 5. Microscopic images of artificial skin tissues (with 5 different thicknesses): (a) total linear retardance (rad.), (b)
linear depolarization o, .



Tissue phantom analysis through transmission Mueller polarimetry and differential...

N
)

0.5

[y
=)}
T
S
N
T

[
N
T
=
o
~
e
W
T

=
N
T
=]
(=Y
\o
——
=
(]
Ch

=]
@
T
‘.
e
®
£ S

0.13

S
N
|
S
o
T

Ao3s

Linear Retardance (rad.)
Linear Dichroism (LD)
=
PN

@ R2 = 0.99 ® e R? =0.93

0 3 6 9 12 0 3 6 9
Real thickness (um) Real thickness (um)

12

o 008" —0.2 {-0.18

-0.17 -0.40[™,
4
1-0.26

-------- R? = 0.96

Linear depolarization (022)
$ 8
N

Linear depolarization (a33)

-------- R? = 0.98

-0.69%,

0 3 6 9 12 o 3 6 9
Real thickness (um) Real thickness (um)

0.5

-0.82".
0.9 }-0.90

-------- R? =0.98

Circular depolarization (044)
S
=)}

0 3 6 9 12
Real thickness (um)

12

Fig 6. Thickness dependence of the polarimetric properties of the skin tissue models: (a) total linear
retardance, (b) linear dichroism, (c) linear depolarization (a5,), (d) linear depolarization (as3), (€) circular

depolarization (0y44).



10 Hee Ryung LEE et. al.

The highest values of total linear retardance Ry are typical of the dermal zone covering the
largest area. These high values originate from the aligned collagen fibers that generate linear retardance
(birefringence). The epidermis part of the skin histological cuts (thin layer underneath dermis on the images)
does not show any retardance because it does not contain any aligned collagen fibers. In addition, the
absolute values of a,, of epidermis are always higher than those of dermis. It means that light transmitted
through epidermis is more depolarized compared to that passing through dermal zone. This fact indicates
that the scattering of light by the cells in epidermis is stronger compared to scattering by the aligned collagen
fibers and scarce fibroblasts in dermal layer. There is no circular retardance or dichroism (p; = ps = 0, see
Eq. (3)) in all skin histological cuts. Since both the polarization and depolarization properties appear in the
dermal region of the skin model cuts (besides just depolarization properties in the epidermis), we focused
on the analysis of the polarimetric properties in dermis.

3.3 Thickness dependence of the polarization and depolarization properties in anisotropic scattering media

In anisotropic scattering media, the differential formalism predicts definite thickness dependence
for both the polarization and the depolarization properties. The mean values and the standard deviations of
the polarization and depolarization properties of the dermal layers were extracted in accordance with the
formalism. Prior to that, the real thickness of the sample had to be known for the correct evaluation of the
thickness dependence of the polarimetric properties. The measurements of tissue cuts with profilometer
demonstrated significant deviations of real thickness values from the nominal ones [15,16]. Hence, the mean
values, obtained from 3D depth profiles, were used to verify the thickness dependence of the polarimetric
properties.

Figures 6(a) and 6(b) show the dependence of total linear retardance and total linear dichroism,
respectively on the thickness of the skin model cuts. Both graphs exhibit linear relationship with thickness
as expected from theory (see Eq (5)). As mentioned above, the aligned collagen fibers are the physical
cause of anisotropy. Thus, the thickest sample containing the largest amount of collagen fibers, likewise
exhibits the highest retardance. The linear dichroism might be caused by the scattering of non-spherical
scatterers like the elongated collagen fibers. In contrast to the graph of the linear retardance, the y-axis
intercept of the linear regression for linear dichroism is not equal to zero because of the scattering of
the transmitted light on the rough surfaces of the samples. Surface scattering in ananisotropic medium
does not influence the retardance but can contribute to the linear dichroism values. Figures 6(c) to 6(e)
clearly demonstrate the quadratic dependence of the logarithmic anisotropic depolarizations coefficients
(0yp, 033, and ayy) on the thickness of the sample. The magnitude of the circular depolarization o,y is
higher than that of the linear depolarizations a,,, 033. Therefore, the linear polarization of the incident
light is better preserved than the circular one, which is characteristic of the Rayleigh scattering regime.

4 Summary and conclusion

Two types of biological tissue phantoms studied, host-embedded rutile particles and artificial
skin tissues, exhibited linear and parabolic thickness dependences for the polarization and depolarization
properties, respectively. Thus, the differential Mueller matrix formalism was validated on anisotropic
scattering media having different physical nature (inorganic - organic). The polarimetric (polarization and
depolarization) properties, extracted from the experimental Mueller matrices of the phantoms with the help
of the formalism, appear as physically meaningful parameters that can be potentially used as markers in
discriminating healthy and unhealthy areas in biomedical diagnosis. In turn, imaging transmission Mueller
polarimetry qualifies as a very promising optical technique for the above type of biomedical applications.
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Mueller matrix polarimetry (MMP) can be utilized to determine optical anisotropy in birefringent materials. As part
of a study on pre-term birth (PTB) aimed at measuring the orientation and distribution of collagen in the cervix, we
have studied the wavelength dependence of the back reflected MMP from cervical samples. We have developed a
multispectral Mueller matrix polarimeter capable of measuring the Mueller Matrix between 500 nm and 700 nm. We
have conducted experiments on ex-vivo porcine cervix samples preserved in paraffin. Initial findings indicate that
wavelengths below 560 nm offer a more robust characterization of collagen anisotropy in the porcine cervix. © Anita
Publications. All rights reserved.

Keywords: Mueller Matrix Polarimetry, Cervical collagen, Preterm Labor

1 Introduction

Preterm labor is defined as birth prior to 37 weeks of gestation. Worldwide the incidence of pre
term labor is between 10-18 % of all birth and unfortunately the rate of mortality within the first year due to
complications of premature birth, is as high as 15%. Many survivors will face life-long challenges including
neurological disorders, long-term cognitive impairment, deficiency in hearing and vision and respiratory
insufficiency [ 1-3]. For all these reasons early identification of at-risk pregnancies is important for successful
medical intervention.

Recently loss of cervical collagen arrangement has been proposed as a risk factor for preterm
labor [4-6]. Fibrillar collagen is the major structural protein in the cervix that determines its load-bearing
capabilities. As pregnancy progresses the cervix undergoes changes in processing and assembly of fibrillar
collagen that correspond directly to mechanical strength. Several studies on human and animals suggest
that typical changes in the extracellular matrix organization of the cervix precede spontaneous preterm birth
[4,6-9] and that assessment of collagen architecture may provide a useful readout for premature cervical
remodeling.

We have developed a Preterm Imaging (PRIM) system based on a standard colposcope. This system
offers high sensitivity to the collagenous cervical ultrastructure through a polarization-sensitive imaging
modality known as Mueller matrix polarimetry. The collagen structure in the cervix is highly birefringent
hence Mueller matrix decomposition can then be used to quantify both retardation and extraordinary axis
orientation of local fibrous tissue.
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Note: Portions of this manuscript were reported on J Chue-Sang, J. C. Ramella-Roman, Optimization of the incident wavelength for
Mueller matrix imaging of cervical collagen. Proc Spie, 10478, (2018).
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Previous work on cervical imaging utilized wavelengths in the region between 500 nm and 570nm.
In an effort to optimize our system, we developed a benchtop multispectral Mueller matrix polarimeter
(MMP) to evaluate the differences in orientation contrast due to illumination wavelength.

2 Materials and Methods

The multispectral Mueller matrix system, a modification of an MMP used in previous work [10],
is shown in Fig 1. A CCD camera (DCC3260M, Thorlabs, Newton, NJ) with a Computer MLH-10X 1/2-
inch 13-130mm f5.6 10X Macro Zoom lens attached, was secured above the sample objective to allow
focusing on the adjustable stage. The MMP offers a field of view of 1.2 cm and a resolution of 10.9 pm/
pixel using the sample objective. A linear polarizer (Prinz, Northbrook, IL) and two liquid crystal retarders
(LCR) (Meadowlark Optics, Frederick, CO) between the lens and sample objective form the polarization
state analyzer (PSA) of the polarimeter. A 150-watt white lamp (LRL-410K, Leeds, Minneapolis, MN) was
used as the illumination source and was oriented to illuminate the sample at an incident angle of 45° with a
metal-sheathed fiber optic cable. It was collimated with a 30-mm-diameter tube and a 25-mm-diameter plano-
convex lens (Newport, Irvine, CA). The four different polarization states required for the Mueller matrix
polarization state generator (PSG) were created using a motorized filter wheel (FW103, Thorlabs, Newton,
NJ) with three linear polarizers mounted at 0°, 45°, and 90° with the PSA polarizer and a circular polarizer.
These four different states were then used to calculate the Mueller matrix of the sample. A second filter wheel
mounted after the PSG contained 500nm, 550nm, 600nm, and 650nm center wavelength bandpass filters,
each with 10nm bandwidth. This second filter wheel allowed easy transition between different wavelengths
while imaging. MATLAB (Mathworks, Natick, MA) was used to control the devices and analyze the data.

CCD
I
!
I
C?D Lens
<= Linear Polarizer
|
—— LCR2 O\o‘z’
| O
&
—— LCR1 N
I v
I
I
|
!
|
AN
Polarizers
! ’ Filter wheel

Sample

Fig 1. Schematic of the multispectral Mueller matrix polarimeter. Liquid crystal retarder
(LCR), Illumination port (IP).
The polarimeter was calibrated at each wavelength using a previously published method [11].
Figure 2 shows the Stokes vector results of the calibrations for each wavelength; each plot’s horizontal axis
represents the orientation of a linear polarizer as it was rotated and imaged by the polarimeter. Each element
of the Stokes vectors has a standard deviation of less than 1.0 between all wavelengths, showing that the
MMP was properly calibrated and provided similar results at each wavelength.

We utilized the Lu-Chipman [ 12] Mueller matrix decomposition to extracts constituent polarization
properties from a Mueller matrix of any complex system [13,14]. The decomposition yields three canonical
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matrices accounting for material depolarization (M,), retardance due to linear birefringence and optical
activity (My), and diattenuation (Mp).
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Fig 2. Stokes vectors calculated from polarimeter calibrations at four different wavelengths
as a sample linear polarizer is rotated: (a) linear polarizer alone, (b) quarter wave plate in-line
after linear polarizer.

The focus of this study was the quantification of the local fast axis orientation as derived by Ma et a/
[15], which corresponds to collagen bundle orientation in the tissue. We utilized circular statistics [16,17] to
represent data on a unit circle rather than using the arithmetic mean. Since certain angles are equivalent to each
other, i.e. 10° is synonymous with 190° or —170° based on direction of rotation, the periodicity of orientation
angles requires a departure from arithmetic statistics, which misrepresent the mean of a region. Directional
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parameters were calculated by applying circular statistical methods to the orientation data decomposed from

the Mueller matrix. This method required that data first be transformed into unit vectors with two dimensions,

as shown in Eq (2). Equation (3) is the mean resultant vector 7 of the data set. The mean angular direction a

can be calculated using the four-quadrant inverse tangent of r .
COS0;

( sino; )

)

rp=

Py 3

Circular kurtosis was used as a measure of alignment of collagen bundles detected by the MMP
with different wavelengths of light. Kurtosis describes the number of outliers in a set of directional data
[16,18], and is associated with the weight of tails in a distribution. A high frequency of outlier angles away
from a data set’s mean corresponds with strongly pronounced tails and results in kurtosis approaching 1. This
measurement of high frequency in specific outlier angles separate from the mean of the image’s background
is used as a measure of alignment in this experiment. A data set with little to no tails in its distribution shows
a much broader range in angles and will result in kurtosis (and alignment) approaching 0.

Samples: Two test samples were used to verify the efficacy of the multispectral MMP’s orientation
measurements. An extruded polymer phantom with low scattering and absorption was chosen to obtain a
highly aligned measure of orientation as a benchmark; this benchmark served to establish if the polarimeter
could correctly identify changes in a sample with a known retarder axis. Ex-vivo porcine cervix samples, well-
characterized and used in previous studies [10,19,20], were imaged using the MMP to compare orientation
data between the four wavelengths.

3 Result and Discussion

An orientation of 0° is parallel to the horizontal axis and a change in angle counterclockwise from
horizontal is considered positive A. Grayscale images of the polymer phantom at two different orientations
can be seen in Fig 3; the top row shows the sample at a 60° and the bottom row a 160° orientation; lines
representing the average orientation within of sections of the image are overlaid on each. All orientation data
displayed were obtained through a 5 X S-pixel median filter.

500 nm 550 nm

600 nm 650 nm

60°

160°

Fig 3. Mueller matrix retarder axis orientation for the polymer phantom. Top row: 60°-oriented phantom, Bottom row:
160°-oriented phantom.

The variance of the orientation calculated from the Mueller matrices of the phantom increased as
longer wavelengths of incident light were used. This can be seen in the increase in the amount of colors
displayed in Fig 3 and the decrease in kurtosis in Fig 5.
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Fig 4. Mueller matrix depolarization (top) and retardance (bottom) for the polymer phantom.

Kurtosis was calculated using a moving 5 pixels x 5 pixels window through the orientation data.
The kurtosis index (KI) shown is a ratio of the total number of pixels in the image to the number that have a
kurtosis greater than 0.6. A high KI means there is little variance in the orientation, that the sample is highly
aligned. As wavelength increased there was an increase in the variance in the distribution of orientation. A
possible explanation for this may be illustrated in Fig 4; there is an increase in depolarization as incident
wavelength increases. This is likely due to the increased optical length in the sample, which causes more
scattering and thus greater depolarization.

Kurtosis

KI=92.42% KI=37.59% KI=39.85%

Fig 5. Images of kurtosis for the polymerphantom. Top row: (60°-oriented phantom), Bottom row (160°-oriented
phantom). (KI = % of kurtosis values > 0.6).
These observations extruded are corroborated by the mean and standard deviation of the orientation
data (Fig 6). The longer wavelengths show an increase in standard deviation, and an increase in the difference
between the orientation mean calculated compared to the polymer phantom’s actual orientation.

After imaging the weakly scattering polymer phantom, excised cervices were imaged with the
multispectral MMP. It was expected that a similar trend would appear, that longer wavelengths of incident light
would result in orientation data with greater variance and thus less kurtosis. This can be seen in Fig 7, where, as
expected, longer wavelengths lead to increased variability in orientation and less contrast in orientation as it
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rotated around the cervix. This is due to the increased noise in pixels averaging out to the same value, while
the smaller variance in the lower wavelengths allowed for a much more gradual change in average angle, as
would be expected in a structure like the cervix, in which collagen rotates circumferentially.
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Fig 6. Polymer phantom mean angle and standard deviation: (a) 60°-oriented phantom, (b) 160°-oriented phantom.
Data points represent the mean orientation angle, errors bars represent one standard deviation.

Kurtosis

Fig 7. Mueller matrix retarder axis orientation and kurtosis in an ex-vivo cervix (KI = % of kurtosis values > 0.6).

The same trend in depolarization that occurred in the polymer phantom also occurred with the
cervical tissue samples (Fig 8). Depolarization is inherently greater in this sample due to biological tissue
being a highly scattering media.

A second excised cervix exhibited the same trends in multispectral polarimetry (Figs 9 and 10).
The mean and standard deviations of kurtosis for this sample is plotted in Fig 1 1. Kurtosis was plotted rather
than orientation due to the circumferential arrangement of collagen in the cervix. Ideally all angles should be
represented as the collagen rotates around the cervical opening (OS), causing mean orientation to shift. As a
measure of alignment, kurtosis can characterize the shift in orientation around the entire cervix.

High contrast in orientation shift will lead to high kurtosis, whereas a more abrupt shift in orientation
will lead to low kurtosis in those areas. This result is shown by the lower mean and higher standard deviation
of kurtosis at longer wavelengths shown in Fig 11.
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Fig 9. Mueller matrix retarder axis orientation and kurtosis in an ex-vivo cervix (KI = % of kurtosis values > 0.6).
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Fig 11. Mean kurtosis for ex-vivo cervices; error bars represent one standard deviation. (a) Sample shown in Fig 7,
(b) Sample shown in Fig 9

4 Conclusion

To better understand the wavelength dependency of retarder axis orientation in the collagenous
tissue of the cervix, a multispectral Mueller matrix polarimeter (MMP) was constructed. This represented
part of an effort to improve an ongoing clinical study using an MMP-modified colposcope. It was observed
that the variance in retarder axis orientation calculated using Mueller matrix polarimetry increased with
an increase in the wavelength of incident light. These observations were obtained by imaging a weakly
scattering polymer phantom and excised porcine cervices. Kurtosis was used as another measure of variance
in the orientation data due to its ability to measure the number of outliers in a distribution; low kurtosis
denotes a random distribution. As orientation variance increased, kurtosis decreased, and as a result smaller
mean orientation angles were calculated compared to the known retarder axis of the polymer phantom. There
was also an increase in depolarization as incident wavelength increased. Based on these trends, wavelengths
below 560-nm were most effective in characterizing collagen anisotropy in the cervix.
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Mueller matrix polarimetry shows distinctive advantages in providing the microstructural information and characterizing
the properties of the sample. Previous work has shown the great potential in pathological tissue diagnosis ex vivo and
bulk tissues.

With the help of tissue optical clearing, the penetration depth, imaging resolution and contrast of polarimetry will be
improved. In this review, we introduce the research work on polarization characterization applied in tissue clearing,
including experiments and simulations. Among them, the major developments involve how to explain the polarization
features with clearing, how to set up various clearing models corresponding to different TOC mechanisms, and how
to understand the major differences due to two kinds of agents. The above research works show a good potential of
tracking and understanding tissue clearing process by polarization imaging. © Anita Publications. All rights reserved.

Keywords: Polarization, Mueller matrix, Tissue clearing, Monte Carlo

1 Introduction

Optical imaging techniques are usually limited in its penetration depth because the lack of transparency
of tissues. Tissues contain a mix of components of small size with different refractive indices(RIs), resulting
in the heterogeneous interactions with light. In the past few years, tissue optical clearing (TOC) provides a
way to improve the penetration depth by homogenize the RI by removing, replacing and modifying some of
its components [ 1], making a great contribution to penetration depth, imaging resolution and contrast.

Optical clearing targets on thick section of tissue, whole organoids, entire organs or even entire
young rats, ranging in thickness from around 100um to several centimeters [3]. The effects of tissue clearing
on vitro rat skin with formamide and saturated sucrose are shown in Fig | as an example. Before the advent
of the tissue optical clearing, to study the thick samples, researchers slice the tissue into thin sections and
then analyze them with a microscope, leading the reconstruction of those slices into a three-dimensional view
of tissue really tough and time-consuming. Optical clearing gives our researchers an easier access to get the
information which contains the penetrate depth.

The TOC method was proposed by Professor Tuchin and coworkers, with tissues immersed
in the optical clearing agents (OSAs) to reduce the scattering of tissue and then made tissues more transparent
[4-6]. After the concept of TOC, many researchers began to demonstrate the possibility for improving
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optical imaging depth and connect with many other optical techniques. For example, optical coherence
tomography (OCT) [7-8] is combined with TOC, Vargas [8] studied the in vivo effect of anhydrous glycerol
on cutaneous vasculature using Doppler OCT, with an important finding that: the effect of glycerol on vessels
is reversible with rehydration; when the skin was rehydrated with saline again, the physiologic values of flow
in arterioles and venules return again. OCT technique can also be applied on the assessment of molecular and
nanoparticle diffusion, Galanzha [9], Maeno [10] found that although some optical tissue agents are nontoxic
in themselves, under the induction of osmotic stress, when prolonged application of highly concentrated
OCAs, usually induce cell apoptosis, local hemostasis, and even tissue necrosis.

Omin 10min 20min

(a)

Fig. 1. White-light images of in vitro rat skin before and after clearing by formamide (a) and
saturated sucrose (b). The background is small region of 1951 USAF target [2]

The applications of tissue clearing on Microscopy techniques also show great potential, Fuetal[11]
used the 3D confocal microscopy to view the structure of mouse ileum, with the help of optical clearing, the
photon penetrate depth for fluorescent excitation and emission of the tissues which is labeled by fluorescent
lipophilic dye was increased, enabling the otherwise opaque mouse ileum to be viewed by deep-tissue optical
microscopy. Oleg and Campagnola [12] investigated the effect of optical clearing on polarization properties
of SHG emission from highly scattering muscle and tendon samples, using Second Harmonic Generation
(SHG) imaging microscopy. They measured the dependence of SHG intensity on the laser polarization angle
and SHG signal anisotropy at different depths, finding that the SHG polarization information is retained in
200um-thick samples.

The mechanisms of TOC are also investigated by many groups from the macroscopic to microscopic
level, in both in-vivo and ex-vivo experiments. Three common mechanisms are proposed to explain the tissue
clearing, including refractive index matching, collagen shrinkage and the enhancement of scatterers’ near-
order spatial correlation which result in minimizing of the lateral scattering [13-15]. Many work regarding
dissociation of fibers [16-17] and tissue dehydration [18-19] caused by OCAs have been carried to examine
the mechanisms of TOC.

Recently, several methods of tissue clearing have been developed [20-24], including aqueous-based
clearing methods like CLARITY [25], CUBIC [26,27], and organic solvent-based clearing methods such as
BABB [28], 3DISCO [29-30], uDISCO [31], apart from these chemical enhancement, there are also many
physical methods used to improve the efficiency of tissue clearing, for example, microdermabrasion [32],
laser irradiation of skin surface [33], photothermal and mechanical microperforation [34], iontophoresis [35],
and ultrasound [36]. Features including clearing velocity, quality, impacts on fluorescence are used to judge
the method, however, all methods have some drawbacks more or less, so, faster and less destructive methods
are required to be studied to improve the quality of clearing [37,20]. Besides, in-vivo optical clearing which
is more challenging also have made some progress [38].



Polarization techniques and methods applied in tissue optical clearing 25

Immersed into high refractive index is a simple way to achieve tissue clearing, many OCAs have
been studied including sucrose, fructose, glycerol, formamide and so on [39-42]. Many works which tried
to explain how OCAs affect the microstructure of tissue during TOC process has been carried out [21-24].
Tuchin [22] used the transmittance and reflectance spectra to extract the scattering properties during TOC,
monitoring the process of agents penetrating the tissue. Tainaka et a/ [23] conducted the experiment carried
on vitro rodent skin and tendon using the topical delivery of glycerol, and concluded that water transport is
an important mechanism. Apart from the type and concentration of agents, the treatment time of OCAs is also
a key factor to the OC efficacy.

Similar with most of optical imaging methods, polarization measurement is limited in penetrate
depth. If we combine the polarization methods and techniques with tissue optical clearing, not only the
penetrate depth can be improved, but also the polarization change with clearing can provide a new way to
explain and characterize the microstructural features during tissue clearing. Recently, with the emergence of
new light sources, polarization devices and detectors, together with more methods applied in data processing,
polarization get more and more attention in biomedicine [43-49]. Compared with traditional method which
only focus the intensity of the light, polarization extends the dimension of the information. There are several
methods to demonstrate polarization information, however, among these methods, Mueller matrix which has
16 elements provides the most comprehensive characterization of the polarization features [50], describing
all of the polarization properties including diattenuation, retardance, and depolarization.

Biological tissues are turbid media with high scattering, however, photons which are multiple
scattered decrease the imaging quality, while polarization filters those photons and then improves the contrast
and resolution [51,52]. Furthermore, Polarization measurements are sensitive to small particles and have
advantages on providing structural information from the micro level. Based on our previous work,polarization
imaging has the potential on differentiate various pathological human tissue samples [53-61]. Dong et al [58]
applied polarimetry to quantitative detection of the normal breast ductal tissue, ductal carcinoma in situ and
invasive ductal carcinoma tissues, mainly based on Mueller matrix. Dong calculated the MMPD and MMT
parameters 0 ,f, 8 and x of unstained breast duct tissues, for further differentiate, several widely-used image
texture feature parameters were used to characterize the difference in the d and # images, the result indicated
that the microscopic polarization parameters are sensitive to the structural difference in normal tissues and
abnormal tissues. Liu e al [61] also used parameters from MMPD and MMT to successfully differentiate
two structural similar diseases: Crohn’s diseases (CD) and gastrointestinal luminal tuberculosis (ITB), which
both have tuberculosis and surrounding fibrous structures. TIPM analysis is used to analyze the retardance
related Mueller matrix, the two diseases have obvious differences in polarization parameters while they show
similar in non-polarization microscopes imaging. Wang et a/ [60] adopted MMPD and MMT parameters to
quantitative analyze liver tissues, the result from Monte Carlo simulations based on sphere birefringence
model verified the validity of the parameters. Different pathological tissue studied all show the sensitivity of
Mueller matrix parameters, indicating the potential of polarimetry.

Considering the compatibility of the polarimetry, polarimetric techniques can be combined
with many other optical methods. For example, Jiao et al [62] combined polarization to optical coherent
tomography to fulfill a more comprehensive two-dimensional depth resolved OCT imaging, with the sensitive
of polarization, PS-OCT was used to detect carieslesions and progression, retinal nerve fiber layer, articular
cartilage and meniscus [63-65].Researchers also apply polarization techniques to fluorescence, Anderson et
al [66-67] measured the fluorescence degree of polarization to determine the margins of human skin basal cell
carcinoma tissues and for mapping nonmelanoma skin cancers. Besides, polarization with second harmonic
generation [68-73], with endoscopes [74-78], with super-resolution microscopeall have made progress [79].

Although compared with other character of the light, polarization appears to be not so intuitive,
it has advantages in probing the microstructure based previous work. Polarization provides a new way to
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observe and measure the variation of biological tissues. It is worth applying polarimetry to tissue clearing to
explain the mechanisms.

2 Theory and simulation

The polarization state of the light is described by Stokes vector which contains four dimensions. The
4x4 matrix which is used to connect the incident Stokes vector and output Stokes vector is Mueller matrix
[80], Mueller matrix contains the polarization property of the sample.

Sour = M-Sy
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However, unlike the intensity of the light, the 16 elements of Mueller matrix do not have clear physical
meaning, the variation of the Mueller matrix could not associate with specific microstructures, also,
Mueller matrix elements (MMESs) are often closely related to sample orientation, when the sample rotated,
the measurement of MME:s is different [81]. In 1996, Lu and Chipman proposed the Mueller matrix polar
decomposition (MMPD) [82], decomposing the interaction between polarized light and a complex turbid
medium into a combination of three matrices which have specific meanings, diattenuation matrix Mp,
retardation matrix Mp, and depolarization matrix M,.

M =My Mg Mp @
During the decomposition process, Lu and Chipman, Ghosh [83] proposed several parameters to

denote characteristics of the sample which corresponding specific physical information. The diattenuation
parameter is as:

ML mlm? 3)
The retardation can be calculated as:

R =cos™! W(zﬂfl 4
The depolarization value can be presented as:

A=1——‘”(M§)"1 O0<A<1) (5)

Especially, the linear retardation ¢ and circular retardation ¥ can be separated from retardation
matrix. The value and orientation of linear retardation is given as:

6= cos {[(Mp(2,2) + Mx(3,3))* + (Mx(3,2) + Mg(2,3))*]"* -1} (6)
0= % tan”! Z—z ™)

In order to illustrate the properties which related to the biological structure of the sample, The
Mueller matrix transformation (MMT) method has been proposed to describe the microstructural features
of complex tissue quantitively [84-85]. We can fit the Mueller matrix elements to trigonometric functions in
polar coordinate and obtain the MMT parameters as follows, the parameter x reveals the orientation of fibrous
scatters, ¢ reveals the anisotropy degree, and the b reveals the polarizance of the scattering samples. 4 is a
normalized anisotropy parameter [85].
Jm, — my? + (moy + ms)?

h= 2 (8)
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MMPD or MMT offer a new method for quantitative analysis of Mueller matrix, more important,
the Mueller matrix elements of an anisotropic media are sensitive to the orientation of the sample, which may
bring difficulties to identify the distinctive intrinsic properties. However, MMPD or MMT parameters are
capable of separating different properties which all cause Mueller matrix elements to fluctuate and make the
result much less sensitive to the sample orientations.

In fact, biological tissue is a complex and inhomogeneous medium with many components in
different size, including cells, cell organelles, and inclusions, different fibers and so on [86]. In the previous
work, the cells in biological media are often modeled by spherical particles with different diameters, and
the fiber structures are described by a system of long cylinders. The Rayleigh and Mie theories or their
combinations are the basis to calculate the properties of tissue scattering. Bases on the above theories, we
proposed a sphere-cylinder birefringence (SCBM) model and corresponding Monte Carlo simulation to
mimic anisotropic biological tissue [86-90]. The SCBM model consists of three key components: spherical
scatterers, infinitely long cylindrical scatterers, and a birefringent interstitial medium as Fig. 2 shows.

Spherical scatter Cylindrical scatter

N

Birefringent intercellular substance

Fig 2. Sphere and cylinder birefringence model [99]

Monte Carlo simulation targets on simulating the photon propagation, absorption and scattering
process with a certain distribution of random numbers, tracking and recording the photon trajectory and
polarization states, and then conducting statistical analysis on the simulation of a large number of photons
to obtain the scattering and propagation rule of light in biological tissues. SCBM model is applied in the
Monte Carlo simulation which is useful to help us to monitor the microstructural change in tissue clearing.
In our simulation program, parameters are variable to simulate different types of biological tissues, variable
parameters for scatterers including scattering coefficient, diameter of the spheres and cylinders, the mean value
and standard deviation of the orientation distribution function for the cylinders. For the ambient medium,
refractive index, the absorption coefficient, the optical activity coefficient, and the value and orientation of
birefringence are all variable [2].
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Through several simulations with different incident polarization states, the Mueller matrix of the
sample is obtained, and then use MMPD to extract optical parameters from Mueller matrix to denote the
variation between tissue clearing.

3 Experimental setup

The setup for Mueller matrix imaging can be divided into transmitted light Mueller matrix
microscopes and backscattering Mueller matrix imaging.
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Fig 3. Transmission Mueller matrix microscopes (a) and backscattering Mueller matrix imaging (b) [61, 87]

In the transmission Mueller matrix microscopes, Fig 3(a) shows, a monochrome LED beam passes
through the PSG which consists of a fixed polarizer (P1) and a rotatable quarter-wave plate (R1) and project
onto the sample, then the light transmits through the objective lens before analyzed by the PSA consisting of
a rotatable quarter-wave plate (R2) and a polarizer (P2), the light carrying polarization information is finally
received and imaged by CCD camera. Transmission Mueller matrix imaging is converted to backscattering
setup by removing the PSA arm in the transmitted setup to the back direction, and an oblique angle 6 less
than 20 deg is between the illumination light and the detection direction to avoid the sample surface reflection
during the measurement.

There are several different methods to measure Mueller matrix, one of the method is based on the
experimental principle of Mueller matrix, by rotating both polarizers and retarders in PSG to generate six
polarization state: horizontal linear (H), vertical linear (V), 45° linear (P), 135° linear (M), left circular (L)
and right circular (R), and generate corresponding six polarization states in PSA to measure light intensity.
16 Mueller matrix elements need totally 36 measurements.
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Since this method is time-consuming, another measurement, which is dual-rotating retarder method
[92], is more prevalent by only rotating quarter-waveplates. In this scheme, the PSA and PSG consist of a
pair of fixed polarizers, and two quarter-waveplates rotating with a fixed ratio of angles. For convenience, the
ratio is 1:5 (retarder for PSG is slower).

According to the Fourier series intensities :
12
I=0y+ 2_(a, cos2nb; + B,sin2nb);) (15)
n=1

where o, and £, are the Fourier coefficients from which the Mueller matrix elements could be calculated [92].
Standard samples like waveplates or polarizers and air are used for calibration before measuring biological
sample. According to the difference in the orientation of detection, the schemes can be divided into back
scattering and forward scattering.

The transmission Mueller matrix microscope is modified by a normal microscope just by adding
a polarization-state generator (PSG) and a polarization-state analyzer (PSA) to the existing optical path,
replacing the white sources with LED beams and using a CCD as the image receiving module [93]. Mueller
matrix microscopes are potentially label-free tools for ex-vivo imaging of tissue slices and cells, for example,
they are usually applied to the detections of various pathological human tissue samples, including liver
cirrhosis and cancer [60], cervical cancer [59], thyroid cancer [57], compared with traditional microscope,
provide much more quantitative structural information of the sample. Considering the fact that different
wavelengths of light behave differently in interacting with biological tissues, resulting in the different in
penetrate depth, thus can reflect different structural information.

Forward measurement Backward measurement
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Fig 4. (a) Schematic of experimental setup for the Mueller matrix measurement consisting of both transmitted
scattering imaging and backscattering imaging, the oblique incident angle 0 is about 12 degree. The diameter of
the illumination area is about 1.8 cm?; (b) The parameters from forward measurement and the parameters from
backward measurement show similarity [94].
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Dong et al demonstrated the linear retardance which is deduced from the MMPD, extracted from
multiwavelength showed different [58]. It is simple to substitute the Monochromatic light of the microscopes
by a multiwavelength collimated LED light source to achieve a multiwavelength Mueller matrix microscopes.

Usually, transmission Mueller matrix targets on the tissue slices instead of thick sample, however,
backscattering Mueller matrix imaging collects the information from reflection, the samples for backscattering
could be bulk tissues [91]. Backscattering system needs to be calibrated in transmission direction, and then
rotate the PSA arm to the backscattering direction, the setup is shown in Fig 3(b). Backscattering Mueller
matrix could provide some intrinsic structural and optical properties of tissues and are successfully applied
to ex vivo detections of various abnormal tissues [53-55,57].

Backscattering and transmitted light Mueller matrix are not independent with each other, they could
detect polarization information at the same time. The similarity of the retardance-related parameter ¢ in the
backscattering and #; in transmitted to denote the anisotropic and isotropic structures of tissues in image
contrast is reported by Liu et al [94], Fig 4.

4 Applying polarization imaging in monitoring issue clearing

Professor Tuchin first applied the polarization on tissue clearing to observe the dynamic effect
by observing the intensity of the light when put the sample immersed in the OCAs placed between two in
parallel of crossed polarization, the images shown in Fig 5 become more and more bright, which implies that
the tissue could be regarded as a phase retardance whose linear birefringence is adjusted spatial and temporal
[95-97], the inhomogeneities of the thickness and micro-structure result in the efficiency of the OCAs which
reflect in the images.

Fig 5. Polarization images of sclera sample (white light source, crossed polarizers). Images from
left to right correspond to 4,5,6,7,8,9,9.5 and 10 min of tissue impregnation by x-ray contrast agent
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Fig 6. The time-dependent transmittance (/;//;) of the human sclera specimen (d = 0.4mm)
measured with a small diaphragm for linear polarization of the incident laser beam 7, with A
= 633nm. The subsequent measurements for the specimen kept first in Xx-ray contrast agent,
zone (1); in saline, zone (2), and again in the OCA solution, zone (3) insets show far-field
speckle patterns in the transmitted light before and after optical clearing without polarization
filtration [89].
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For quantitative study, the linear polarized component of transmitted intensity and the total intensity
are measured, as the Fig 6 shows, put in the saline firstly, and the intensity of linearly polarized light increases
with the immersion time which demonstrates low scattering condition. The intensity going down and then
going up denotes the reversibility of tissue optical clearing.

The work by Tuchin shows the potential of polarization applied on tissue clearing, and with the

development of polarimetry, more work related to polarization is carried to understand the variation of the
microstructure such as fibers and cells and the content is also more diverse.
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Fig 7. The single-layer sclera model with incident wavelength of 600 nm. MMPD parameters, the average
value, and standard deviation of scattering numbers change with the refractive index of the interstitial
medium during the refractive index matching process. (a) Depolarization coefficient A, (b) retardance d,
(c) average value of scattering number N, and (d) standard deviation of scattering number o, (A) for the
forward configuration, (B) for the backward configuration [99].
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In our previous work, we did a lot about optical clearing based on the view of polarization. Chen et
al conducted Monte Carlo simulations based on anisotropic sclera-mimicking models to study the change of
the polarization MMPD parameters during the refractive index matching process [99]. A single-layer sclera
model and a three-layer sclera model are conducted respectively to mimic biological tissues.
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Fig 9. (a) The FDHs for all 16 MMEs from m; to my, at immersion times of 0 min, 4 min,
and 8 min, respectively. The image size is 100 x100 pixels, 6 =20 deg. The central value of
the FDH curves of m,, and m3; before immersion and after 8 minutes immersion are marked
by black solid lines. (b) The MMEs by the TOC experiment and simulation. the six horizontal
coordinates correspond to the immersion time from 0 to 10 min at 2min intervals, while for the
simulation results, they correspond to the process of simultaneously increasing the RI of the
medium from 1.35 to 1.40 at 0.01 intervals, increasing the birefringence from 3.0 x 10 to 6.0
%107 at 0.5 x 107 intervals and decreasing the orientation fluctuation of cylindrical scatterers
in the y-axis direction within the lamellae from 40 deg to 15 deg at 5 deg intervals. The map

in i row and j”column corresponds to my; [99].
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It is obvious from the simulation that refractive index matching process increases the ratio of
intensities between the forward and backward detection and decreases the average scattering number in both
directions, reduces the depolarization by scattering of both types of scatterers, and the retardance induced by
cylindrical scatterers, the result is shown in Fig 7.

Apart from the single-layer sclera model, a three-layer sclera model was established to characterize
the changes during the refractive index matching process of different layers at different clearing stages.
Similar regularities as single-layer model was achieved in Fig 8, however, the effect of the refractive index
matching on the polarization parameters is larger in the deeper layer due to larger distances traveled by
photons detected.

The reduction of the depolarization parameters reflects the decrease of numbers of scattering,
which indicates the increase of imaging depths of polarization measurements and the improvement of the
contrast of polarization parameters acquired. After the simulations in theory, Chen ef al. used Mueller matrix
polarimetry to characterize the microstructural vibration of nude mouse skin during tissue optical clearing
in the experiment. For further study, Frequency diagram histogram (FDH) was used to semi quantitative
characterize the Mueller matrix elements, besides, averages and standard deviations of the MMEs were
calculated to show the kinetic changes as functions of the immersion time, shown in Fig 9(a).

However, parameters at micro level including the refractive index of the scatterers, the birefringent
interstitial medium, the degree of anisotropy and so on, all will change Mueller matrix elements. To understand
how the tissue clearing with samples immersed in the glycerol solution changes the microstructure and hence
the polarization characteristics of the skin sample, Chen conducted the Monte Carlo simulations to mimic
different scattering models and then compared with the experimental results in Fig 9(b).

The results of the simulation proposed a possible mechanism of tissue clearing, not only the increase
of the refractive index, but also the birefringence of the interstitial medium and alignment of the fibrous
structures, the three all contribute to the effect of tissue optical clearing, the former reduces the depolarization
ability of the tissue and increases the photons’ mean free path, and all three together increase transparency
and anisotropy of the tissue.
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Fig 10. Pseudo-color images of the MMPD parameter: (a) depolarization parameters A and (b)
retardation parameter d for the unstained mouse skin tissue slice [2]

Immersed in a glycerol solution is only one method of tissue optical clearing, there are many other
optical clearing agents. In order to compare the difference in micro mechanisms of two different optical
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clearing agents: formamide which does not contain hydroxyl groups and saturated sucrose which contains

that in molecular structure, parameters deduced from Mueller matrix polar decomposition(MMPD) are used
for quantitative description [2].

15 square areas are chosen randomly to analyze the variation of MMPD parameters, with the
increases of immersion time, the depolarization parameter as Figl0 shown for formamide and for sucrose
both decrease dramatically in general while the linear retardance shows the opposite trend, dynamic models
of Monte Carlo simulations are proposed to mimic the tissue clearing.
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Fig 11. Comparison of phase retardance between experimental results and Monto Carlo simulations
based on one single mechanism models: (a) clearing using sucrose; (b) clearing using formamide [2]
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Fig 12. Comparison of depolarization parameters and retardation parameter between experimental
results and Monto Carlo simulations based on multiple mechanism models: (a) A with clearing
using formamide; (b) & with clearing using formamide; (c) A with clearing using sucrose; (d) 6 with
clearing using sucrose [2].

In order to study the possible mechanism of tissue clearing process, apart from the experimental
result, verifying the optical properties of the tissue and simulating the dynamic process in theory are also
needed. The results from simulations and experiments in Fig 11 and Fig 12 indicate that tissue clearing
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cannot be dominant by only one mechanism, Xie [2] establishes two models to mimic the effect of the
formamide, one is refractive index matching plus decreased birefringence and another is collagen shrinkage
plus birefringence reduction, and for saturated sucrose, three models which is refractive index match plus
increased birefringence model, collagen shrinkage plus increased birefringence model and fiber ordering
plus increased birefringence model are used respectively. As compared the parameters from MMPD and
certain matrix elements with the result from the experiment, for formamide, the main mechanism is collagen
shrinkage plus decreased birefringence, while by saturated sucrose, the effect is mainly due to refractive
index matching plus increased birefringence.
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Fig 13. (a) Intensity of polarized laser light backscattered from milk and detected by rotated analyzer.
Each curve shows results for samples diluted by given amounts of water solution of glycerol: 10%-
70% with 10% interval. Incident light is right circular polarized. (b) Polarization of laser radiation
back-scattered corresponding with the previous experiment condition, solid lines and dots correspond
to the right handed and left handed polarization, respectively [102].
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Fig 14. Poincare sphere. Each point represents the tip of Stoke’s vector describing state of
polarization of laser light backscattered from sample of milk diluted by water solution of
glycerol with a range of concentrations, arrow shows the direction of changes of polarization
vector due to optical clearing [102].

Both Chen and Xie’s work connect the changes of polarization and microphysical features of tissues,
proposing a possible microscopic explanation and verifying that Mueller matrix imaging is potentially a
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powerful method applied in tissue optical clearing, furthermore, giving a better understanding of tissue
clearing during the refractive index matching process.

Compared with the linear polarization, circularly polarized light has an increased ability to survive
multiple scattering events, the work is demonstrated by MacKintosh ef a/[100] and Brosseau & Bicout [101].
Based on this property, Mcdonald and Meglinski, [102] conducted the experiment to observe the changes
of the polarization state influenced by optical clearing, to mimic the different state of OCAs which have
different optical properties, bovine milk is diluted by different amounts of water solution of glycerol ranging
from 10% to 70%. The light source of the system is circularly polarized, allowing multiple scattering to occur
between source and detector, shown in Fig 13.

The backscattering for circularly polarized light is different from the dual-rotating retarder method,
the scattered light is collected at a distance away from the point of the incidence, and the angle between
incident light and the surface of sample is 45 degree. C Mcdonald conducted the Monte Carlo simulation with
the parameters in the experiment.

The results clearly show that the optical clearing agents make an impact on the intensity of
circularly detected polarized light, and with the increasing concentration of glycerol, the polarization state of
backscattered light would change its helicity, for further simulation, the degree of polarization also increases,
it is more intuitive to describe the trend on the Poincare sphere as shown in Fig 14, by tracking the polarization
vectors on the Poincare sphere, the system is capable of detecting small changes to the scattering anisotropy
of the medium.

4 Conclusion

Mueller matrix is now an emerging novel tool in biomedical imaging to probe the structural
information of the sample, and there are many advantages of the Mueller matrix polarimetry. First, the setup
is feasible, the Mueller matrix microscope could be modified by non-polarization microscope, by removing
the arm of PSA, the transmitted scattering setup can be converted to the backscattering setup. Next, Mueller
matrix expands the dimensions of the information, reflecting many optical properties such as diattenuation,
retardation, depolarization, birefringence, anisotropy and so on, which are closely related to the structural
information.

Tissue optical clearing could increase the penetrating depth and control the variation of the tissues as
well by refractive index matching and other mechanisms. Applying the polarimetry to tissue clearing appears
to have potential to quantitatively monitor the dynamic changes based on our work, and can reflect more
depth information without cutting thick tissues into thin slices. Specifically, OC can improve the polarization
contrast among samples with different anisotropies and the imaging depths of polarization imaging. Monte
Carlo simulations provide the insight on the relations between the polarization features and the microstructure
of the skin with clearing process. Comparisons between experiments and simulations show that increasing
RIM, birefringence of the interstitial medium and alignment of the fibrous structures may all contribute to the
effect of TOC. Furthermore, the simulations involving only one clearing mechanism cannot approximate the
experimental Mueller matrix, which confirms that tissue clearing is very likely due to multiple mechanisms
working together. Further, investigation and comparison indicate that different agents have respective
influence on the cleared tissue, such as shrinkage due to dehydration, changes in Fiber Orientation and
birefringence variation in intercellular substance. These studies indicate that the Mueller matrix imaging
combined with Monte Carlo simulation, is potentially a powerful method to help understand and evaluate
tissue clearing.
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Optical Coherence Tomography (OCT) employs near-infrared light to illuminate biological tissues and gathers refracted/
reflected light axially parcelled by coherence gating to produce high resolution, volumetric imaging. It holds great
potential for early detection of superficial cancers, and is therefore an essential diagnostic modality with ability tore-
direct therapeutic interventions in the near future. This review provides an insightful overview of the current state of
clinical OCT and its application for the detection of malignancies involving the oral and gastrointestinal (GI) tract. We
have focused on the optical design and key features of different variants of OCT, along with an in-depth analysis of
potentially malignant oral disorders and oral cancers and summarized OCT studies in the field of oral oncology. We
have also reviewed the application of OCT for various types of stomach cancer, current diagnostic modalities and OCT
application for demarcation of tumors in stomach tissues and identification of malignancies. Ex-vivo OCT imaging of
oral and GI tissues provide pertinent information about the different stages of the disease in great detail, matching the
results of gold standard histopathology. © Anita Publications. All rights reserved.

Keywords: Optical coherence tomography, Cancer imaging, Optical biopsy, Oral potentially malignant disorders, Oral
cancer, Stomach cancer

1 Introduction

Optical Coherence Tomography (OCT) is a tomography technique mainly employed in the field of
biomedical imaging. It utilizes a basic Michelson interferometer set up in which the sample to be imaged
is placed in one of the arms of a balanced interferometer. Unlike other conventional biomedical imaging
modalities, OCT provides both depth penetration in the order of millimetres and axial resolution in the order
of micrometres at the same time, making it a highly desired diagnostic imaging modality | | |. Furthermore, its
extended capabilities in terms of functional imaging makes it a highly versatile biomedical imaging system.
Some of the commonly utilized functional modalities of OCT are Polarization Sensitive OCT, Doppler OCT,
Spectroscopic OCT, etc. [2]. OCT also offers a very high speed of imaging in the order of thousands of frames
per second. OCT is widely used in clinical settings of ophthalmology and even in angiography, and there are
many global competitors like Zeiss, Optovue, etc. involved in the design and development of commercial
OCT systems for clinical application [3]. The global market of OCT systems is projected to reach 1.32 Billion
USD by the year 2020. Besides, it is also a highly evolving field of research with various groups across the
world working on different aspects of OCT system development

OCT was developed from the concept of Low Coherence Interferometry Imaging based on a
Michelson interferometer and was first demonstrated by Huang et al Massachusetts Institute of Technology
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at Prof James Fujimoto’s laboratory, in 1990 [4]. It was soon found to be a versatile tool for retinal imaging.
Now, OCT imaging field has become even more diverse with systems being employed in art conservation,
non-destructive testing, thin-film analysis, etc. Advances in the areas of parallel processing and GPU
architecture has made possible real-time processing of OCT data possible. Thus OCT indeed has the capability
of developing into a benchmark imaging modality soon [5,6].

Reference Mirror

Beam Splitter

Sample
Mirror

Source

Detector

Fig 1. Basic OCT set up using Michelson Interferometer

OCT utilizes low coherence sources such as super luminescent diodes (SLD), broadband laser
sources, or supercontinuum laser sources. This is because the lateral resolution is inversely proportional to
the bandwidth of light used [7]. Ideally, a source with low spatial coherence and high temporal coherence
is the best choice for a high resolution OCT device. But often there is an inherent trade-off between the
temporal and spatial coherences in most sources, as the systems with low spatial coherence are found to
have low temporal coherence also. Commercial systems often employ SLDs as sources, which are very
similar to laser diodes in working principle. SLDs are a good option as the source for OCT, considering their
broad emission bandwidths and moderate temporal coherence. Very high bandwidths leading to ultra-high
resolution imaging can be achieved by combining two or more SLDs with different emission bandwidths [&].
However, broadband supercontinuum laser sources are emerging as promising sources for OCT as they have
colossal emission bandwidths combined with high temporal coherence characteristic of laser sources.

OCT has two primary imaging modalities- Time Domain OCT (TD-OCT) and Fourier Domain
OCT (FD-OCT). In TD-OCT, the sample is placed in one of the arms of a balanced interferometer and the
interferogram is recorded using a detector. The refractive index variation in the depth profile of the sample is
encoded in the interferogram and it will provide the variations in depth, which is called Axial Scan image or
A-Scan image. Several such A Scans can be obtained by raster scanning along the sample to form a Lateral
Scan or B Scan. Each B Scan is nothing but a cross-sectional image, so a stack of B Scans can be made to
get a volumetric image of the sample. In contrast, FD-OCT utilizes a dispersing element, usually a grating, to
record the spectrum by performing a Fourier Transform of the acquired spectrum. This provides higher scan
rates and significant SNR advantage compared to TD-OCT. There are many functional modalities in OCT as
well. They utilize one or more of the optical properties of the sample to obtain functional information. For
example, Spectroscopic OCT uses spectral properties of the sample like wavelength-dependent absorption or
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scattering to collect functional information of the sample like the concentration of a particular component in
the sample [2].

Tomography is a kind of imaging technology that generates 2D or 3D images of a sample by creating
several cross-sectional images of it. Optical tomography is a branch of tomography that utilizes optical
photons for imaging. There are three main types of optical tomography: Optical Coherence Tomography
(OCT), Optical Diffraction Tomography (ODT) and Diffuse Optical Tomography (DOT) [9]. Among the
three, of particular significance is OCT, the reasons being:

* The axial and lateral resolutions in OCT are decoupled, i.e., they are independent of each other.

* OCT offers depth resolution of the order of millimeters for in-vivo as well as ex-vivo whole-body imaging.
At the same time, it is the only technique which provides micrometre order axial resolution for imaging
macroscopic structures.

* OCT often utilize IR on near IR radiation for imaging, which undergoes less scattering and obtains
higher penetration depth in biological tissues.

« It is a non-invasive, label-free technique, although exogenous contrast agents may be used if required,
and can also be used for functional/ multi-modal imaging.

Thus, OCT has several advantages over conventional biomedical imaging techniques. OCT acquires
images of the sample by acquiring the depth profile of the refractive index of the sample at consecutive points
using a balanced Michelson interferometer set up. The probe beam of the interferometer is focusedon one
point in the sample, and the depth profile is acquired. This is known as Axial scan, also known as A-Scan in
OCT parlance. Various depths of the sample can be probed by translating the reference mirror of the sample
within a range permitted by the coherence length of the source. Several such depth scans of consecutive
points can be acquired to obtain a Lateral scan or B Scan. This is nothing but a cross-sectional image of the
sample. The cross-sectional images are combined to form a 3D image of the sample, often referred to as a
tomogram [ 7]. The first generation of OCT devices (TD-OCT) used raster scanning of the probe beam across
the sample for imaging. Here the areal scan is achieved by scanning the mirror across different angles. This
limited the scanning speed to the order of kHz and imaging speed to a few frames per second. The need
for higher rates for imaging leads to the emergence of the Fourier-Domain based second-generation OCT
systems. These Fourier-Domain based OCT systems utilize a dispersive element such as a prism or grating
to obtain the spectrum of the depth profile rather than the depth profile itself. Since the depth profile can be
generated by a simple FT of the acquired spectrum, the imaging speed could be increased by several orders.
Besides, it was observed that the Fourier Domain method had significant improvement in SNR compared to
its Time Domain counterpart [ 10].

Although OCT has found a wide variety of applications, it does lose its upper hand in some cases..
One of the main disadvantages of OCT is the high cost of hardware utilized for OCT system development.
This is one of the main reasons why OCT is still not an established tool for medical imaging. But with the
emergence of new technologies like fibre-based supercontinuum sources, fibre-based systems, integrated
optical components, etc. it is expected that the cost of OCT systems should soon come down. Another
challenge is the large, bulky size of the OCT modules. Even this problem has an optimal solution with the
emergence of compact, fibre-based OCT systems. The development of integrated optical devices such as
fibre mirrors, circulators, etc. is expected to bring down the size of OCT systems even further. In fact, brief-
case sized OCT modules have already been demonstrated, where the source is battery-operated, making the
system a portable one.

2 Imaging Modalities in OCT

The imaging modalities in OCT may be broadly classified into two categories which are as follows:
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2.1 Time Domain OCT

Time Domain OCT systems were the first generation of OCT systems. It is based on the principles
of Time Domain Reflectometry and Low Coherence Interferometry. Time domain OCT systems are straight
forward in structure, consisting of a Michelson interferometer using a low coherence source and a linear array
detector. The sample to be imaged is placed in the sample arm of the balanced interferometer, as shown in Fig
2. The reference arm focusses the probe beam to a particular depth in the sample. Thus the depth profile of
the point on the sample at which the probe beam is focused, can be obtained by scanning the reference mirror.
The scan range depends upon the coherence length of the source of light used for imaging- coherence length
of the source. Several such depth scans of consecutive points can be achieved.

Photodiode

—Hl

Reference
M
Source Caupler iw
Nonpolarized
Beam —
Splitter
Sample
Galvo-
Controlled
Lens Mirror

System
Fig 2. Time Domain OCT — schematic diagram

The beam that returns to the detector array is the sum of the electric fields returned by the sample
arm and the reference arm, i.e. E and Ej§, respectively. However, the detectors are not capable of directly
measuring the electric fields. It can only measure intensity of light, which is a square of the electric fields.
This can be expressed as follows:

I~ |Eg+ Eg? = |Eg* + |Eg? + 2|Egl|Eglcos2kAz (2.1
where k = 2z/4 is the wavenumber and Az is the optical path difference (OPD) between the sample arm
and the reference arm of the interferometer. Since |Eg” = Iz and |Eg* = Ig are constant terms, a simple
background subtraction can remove them. This is done by acquiring the background image by imaging a
balanced interferometer onto the detector and then subtracting this image from the acquired images. Then
we are left with a term proportional to cos2kAz which is the interference term. Scanning the Az term in time,
we get the depth profile of the sample at a particular point. A peak in the acquired signal can be interpreted
a highly backscattering point at the corresponding depth in the image with an accuracy of /., the coherence
length of the sample [11].

The main disadvantage of this technique is that it is suitable only for immobile samples as it requires
a lot of scans to generate an image. Also, the moving parts can cause motion artefacts which deteriorate the
quality of the images. The maximum scan rate is of the order of few kHz. At most a few frames per second
can be captured, making it a very time-consuming process.
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2.2 Fourier Domain OCT

The second generation of OCT systems was known as Fourier Domain OCT systems. They are
named so, because in contrast to the time domain acquisition in TD-OCT where the signal acquisition is
carried out in time domain, here it is in the Fourier domain or the frequency domain. This follows from
the simple logic that the scatterers at various depths within a point emit different frequencies and hence the
spatial depth profile of the point can be generated by taking an FT of the spectrum of frequencies derived
from the point. We have already seen that the interference term in the output of the OCT system, cos2kAz
is proportional to both £ and Az. So it is possible to modulate either & or Az to obtain depth-dependent
modulation in the interference pattern. When the reference mirror is kept fixed, Az is constant, and modulation
of the interference pattern is due to modulation in k. The periodicity of this modulation will be inversely
proportional to OPD Az. Hence points at different depths will have different frequency spectrums. Thus, FD-
OCT systems treat the interference pattern as a modulation in & instead of time. FT of the frequency-domain
signal obtains the time-domain signal [12].

The Fourier-Domain system does offer several significant advantages. Firstly, since the spectrum
of backscatterers within a depth-resolved point can be obtained in a single shot without scanning the depth
using the reference mirror. This is done by dispersing the backscattered signal from the sample using a
dispersing element such as a prism or a grating. Usually, a grating is employed as it is less bulky and offers
higher resolving power. This increases the speed of imaging by several orders and reduces motion artefacts as
well. Also, since the spectrum of all points in a Lateral Scan is acquired simultaneously, FD-OCT has higher
sensitivity than TD-OCT and a higher SNR as well. This is often referred to as the Fellgett’s advantage,
which is the improvement in SNR while making multiplexed measurements instead of direct measurements
[13]. However, it would require significantly more signal processing and computation as the FT of each
acquired spectrum has to be computed and processed appropriately.

There are two main variants of FD-OCT, which vary significantly in their implementation schemes.
They are as follows

* Spectral Domain OCT (SD-OCT)
» Swept Source OCT (SS-OCT)
2.2.1 Spectral Domain OCT (SD-OCT)

The main difference in the setup of an SD-OCT from that of a TD-OCT is that a spectrometer
replaces the detector. The spectrometer consists of a dispersive element such as a prism or a grating, a
focusing lens and a detector such as a linear CCD array. Here there is no need to move the reference mirror
for depth scanning, as all the wavelengths emitted from a point are dispersed by the dispersive element and
simultaneously recorded on the detector of the spectrometer. Here, this acts as wavelength multiplexing
and also it does give the depth profile with a single scan. Mathematically, the equivalence of the FT of
this wavelength-multiplexed signal to the time domain is given by the Wiener-Khinchin theorem which
states that the autocorrelation function C(t) of a function C(¢) is given by the FT of the absolute square of it
Fourier pair £(9). Here E(9) is the signal detected by the spectrometer [14]. So FT of the signal will give the
autocorrelation of the electric field entering the spectrometer, which is nothing but the interference function
that is provided in a TD-OCT.

A disadvantage of multiplexing signals is that FT requires signals to be linear in the frequency
domain, whereas spectrometer detects signals linear in the wavelength domain. So the signals have to be
made linear in wavenumber (frequency) domain to prevent depth-dependent SNR fall off. This is done by a
numerical technique known as resampling, which is done by interpolating the linear-in-wavelength signal 4,,
by a nonlinear function s;, to generate the linear-in-wavenumber signal ;. This relationship is given as:
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Fig 3. Spectral Domain OCT — schematic diagram

The nonlinearity parameter s; produces an array of real numbers {s;} 0 <7 <n-1, which defines the
new set of interpolation points to convert the discrete wavelength signal to a linearly sampled spectrum in £
domain.

2.2.2 Swept Source OCT (SS-OCT)

There is yet another way of modulating the interferogram in Fourier domain, and that is by sweeping
a narrow bandwidth source such as a laser through various frequencies and acquiring the spectral response
of the sample at each frequency. This form of implementation of Fourier Domain OCT is known as Swept
Source OCT (SS-OCT). The theoretical framework for SS-OCT and SD-OCT are the same. Each frequency
illuminating the sample generates information about a different depth in the sample as the OPD between the
arms of the interferometer are different for different frequencies. In this case, the spectrometer is replaced by
a point detector, which has several advantages. The readout speed of a pointdetector is higher than that of an
array detector and lesser shot noise. There is again no need for scanning the reference arm as the A-Scan can
be directly obtained by FT of the acquired signal at each frequency. Then the only limiting factors of imaging
speed are the speed of tuning or sweeping rate of the source and time for signal processing [ 15].

The main disadvantage of SS-OCT is the cost of frequency-swept sources, which is several times
higher than that of conventional sources. However, with the emergence of new technologies in the fabrication
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of Photonic Crystal Fibers (PCF) and development of tunable supercontinuum sources, it is expected that the
cost of these devices will come down in the near future.
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Fig 4. Schematic diagram of SS-OCT setup

3 Optical coherence tomography for oral cancer detection

3.1 Oral cancer and oral potentially malignant disorders

Oral cancers are common malignancies of south-central Asia. In the south-central Asia region, India
is a significant contributor, and oral cancers are associated with the highest ‘cancer-related mortalities’ in
Indian men [16]. Oral cancers predominantly arise from oral epithelium and are referred to as oral squamous
cell carcinomas (OSCC). Although ‘oral cavity’ is highly accessible to the clinicians, OSCCs are rarely
diagnosed at an early stage (I-1). Early diagnosis significantly improves survival and reduces impairment in
quality-of-life.

Moreover, oral cancers occur in pre-existing ‘Oral Potentially Malignant Disorders’ (OPMD), the
most common being leukoplakia, and oral sub-mucous fibrosis [17] (see Fig 5).

These potentially malignant oral disorders evolve into dysplasia and finally result in OSCC, in
a staged manner. Therefore, it is these fluorescence imaging, oral cytology investigation, etc. are indirect
approaches, and do not capture the architecture changes in native tissue. It is therefore important to rely on
a more direct, tissue imaging modality that is capable of revealing the micro-anatomy of the oral mucosa in
a non-invasive and label-free manner. Optical coherence tomography is one such investigation that allows
direct, chair-side visualization of the microstructure of oral mucosa.

3.2 Optical coherence tomography for suspicious oral lesions: a need-of-the-hour

Optical coherence tomography (OCT) is a high resolution, advanced clinical imaging modality that
is highly applicable for screening of the oral mucosa. This is because oral pathological entities like OSCC
can be explored within the imaging depth offered by OCT, which is approximately 2-3 mm [19]. This depth
is reliable to evaluate the epithelial changes and epithelial-connective tissue interface, and therefore OCT
is a perfect ‘early detection’ strategy for suspicious oral lesions [20]. As OCT sections are similar to that
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of microtome sections in conventional histology (~5 um), OCT may be considered as an ‘optical biopsy
technique’ that could be adapted for early detection of OSCC [20]. Oral exploration through OCT studies
primarily falls into 2 major categories: (i) Animal studies (ii) Human studies [20]. The human studies can be
further classified into a) ex-vivo studies, and (b) in-vivo clinical studies. The ultimate goal of all animal and
human ex-vivo studies is to facilitate chair-side detection of oral malignancies at an early stage using portable
and hand-held clinically feasible OCT system.

Fig 5. Common oral potentially malignant disorders (OPMDs) of the oral cavity. Panel A shows
‘oral leukoplakia’, that is presented as a slightly elevated white patch with uniform keratosis and
sometimes as a mixed lesion with red and white elements.Panel B shows ‘oral sub-mucous fibrosis’,
that is presented as a white blanched oral mucosal lesion, with fibrous bands and limited mouth
opening. Panel C shows an ‘oral squamous cell carcinoma’

3.3 Overview of oral exploration studies

Feldchetein et al conducted the first exploration of OCT on oral hard and soft tissues as early as
1998 [21]. In their study, basic differences between keratinized and non-keratinized oral epithelium, and
carious and non-carious hard tissue lesions were examined [21]. This pioneering work paved the way to a
series of animal studies by Wilder Smith et a/, Matheny ef al, and Hanna et al on the well-recognized hamster
pouch oral carcinogenesis model [21,23,24]. Ridgway et al in 2006, implemented an in-vivo system for the
exploration of a distinct set of oral pathological entities [25]. In 2008, Tsai ef al established the first swept-
source (SS) OCT system for margin delineation [26], and in 2009 differentiation was achieved between
different oral carcinogenesis stages [27]. The well-differentiated OSCCs had higher tissue absorption and
decay constants. A good in-vivo study was carried out by Wilder Smith et a/ for the detection of oral cancer,
substantiating OCT’s inherent capability for oral clinical exploration [28]. The first application of contrast
agents in hamster pouch model was reported by Kim et a/ in 2010 [29]. In their study, contrast enhancement
was achieved using surface Plasmon resonant gold nanoparticles (NPs), and penetration and distribution of
NPs were achieved through micro-needle and ultrasound [30]. In 2010, Park et a/ demonstrated a combined
OCT and Fluorescence Lifetime Imaging (FLIM) system for structural and functional imaging in a hamster
pouch model, which is the first of oral multimodal exploration studies [30]. In the same year, Jerjies et al
conducted an ex-vivo study using SS-OCT and explored the different architectural changes (e.g., keratin,
epithelium, sub-epithelial layers) in suspicious oral tissues [31]. Ahn et a/ implemented three dimensional
(3D) OCT and polarimetry, that enabled identification of oral field cancerization areas [32]. Hamdoon et al
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performed detailed ex-vivo work in a larger cohort through the evaluation of 5 micro-anatomical structures
[33,34]. In an interesting study by Pande et al in 2014, the large pool of OCT data was subjected to automated
classification on a hamster pouch model of oral carcinogenesis [35]. In a landmark study by Choi et al,
vessel extraction algorithms were implemented, and vascular perfusion maps were generated at capillary
resolution in the oral and nasal cavity of a healthy volunteer [36]. In 2015, Lee et al designed a polarization-
sensitive wide field imaging SS-OCT system for direct oral imaging application and the images revealed
the epithelial thickness and basement membrane continuity [37], and Yong ef a/ desmonstrated a wide-
field reflectance imaging based polarization-sensitive (PS)-OCT, for acquiring morphological as well as
fluorescence information [38]. Hamdoon et al in 2016 studied in-vivo feasibility of OCT for surgical margin
evaluation, and positive margins showed the elevated thickness of epithelium compared to negative margins
[39]. In the same year, Pande ef al performed an automated classification using FLIM and OCT data for the
diagnosis of oral cancer in a hamster pouch model [40]. In 2017, Sharma et a/ employed spectral-domain
(SD) polarization-sensitive OCT and demonstrated ‘phase retardation of tissue’ as a reliable signature,
besides ‘epithelial thickness’ and ‘A-scan intensity profile’, for better identification of oral cancerous
tissues [41]. Since 2017, several oral microcirculation studies were conducted using OCT [42-45]. Tsai et
al reported high-resolution imaging of microcirculation [42], and Wei ef al reported similar 3D images of
microcirculation along with quantitative metrics of capillary loop density [43]. Chen et al reported structural
and functional changes occurring during cancer development in a 4-nitroquinoline-1-oxide (4NQO) mouse
model [30]. Their study showed substantial micro-vascular changes at different key stages of oral cancer
progression such as hyperplasia, dysplasia, carcinoma-in-situ and advanced cancer [44]. Interestingly, the
study by Maslennikova et al revealed a dose-dependent micro-vascular reaction following radiotherapy [45].
The oral microcirculation related OCT studies are pointing at the possibility of evaluating microcirculation
for monitoring oral health and disease [20]. In 2018, Kim e a/ demonstrated the application of stimuli-
responsive plasmatic gold nanoclusters as contrast agents for detecting early-stage oral cancer in hamster
pouch model [46]. In 2019, Sunny ef al applied OCT for intra-operative imaging to further improve surgical
margin evaluation in oral cancers, and achieved successful results on par with histology assessment [47].
Based on their work and previous literature, OCT is capable of identifying microscopic tumour at key
surgical margins. Recently, Jergis et a/ also performed OCT imaging of surgical margins, and reported that
an increase in epithelial thickness increases the diagnostic ability of OCT in oral cancer detection [48].

3.4 Oral microanatomy in OCT imaging

The histological features that could be identified in OCT imaging of oral mucosa includes keratin
layer, epithelium, and sub-epithelial Lamina Propria. Also the micro-anatomical structures like blood vessels,
taste buds, minor salivary glands and salivary ducts can be imaged very clearly using OCT.

3.4.1 Keratin

The keratin layer is situated in the uppermost aspect of the epithelium and presents itself as a bright
hyper-intense line in OCT imaging. This layer is thicker in keratinized oral mucosa and thinner in the non-
keratinized oral mucosa. In ‘benign’ oral lesions like ‘frictional keratosis’, which occurs due to prolonged
mechanical irritation, this layer appears thicker and maybe hyper-intense, as compared to unaltered, normal
mucosa. Although the thickness profile and discontinuities in ‘keratin layer’ vary across the different stages
of oral cancer and pre-cancer, keratin layer as such cannot be considered as a reliable marker in terms of the
diagnostic potential of oral cancer.

3.4.2 Epithelium

As mentioned previously, oral cancers are mainly OSCCs, which are of epithelial origin. The
epithelium is present beneath the keratin layer and forms the basis of the oral-OCT study. It has a relatively
lower signal intensity as compared to the keratin layer, and forms a distinct zone and appears as a ‘homogenous
structure’ in OCT images (see Fig 6).
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Fig 6. The layered structure of ‘healthy oral epithelium’ in OCT imaging. The thin superficial keratin, epithelium,
rete-pegs, and lamina propria are clearly delineable. The normal epithelium is homogenous, without discontinuities.
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Fig 7. Grossly disrupted epithelial architecture in ‘oral cancer.

Prestin et al have even estimated the thickness profile of oral epithelium in healthy volunteers, at
various oral subsites [49]. The epithelial features that could be evaluated through OCT imaging include
epithelial hyperplasia (increase in the number of epithelial layers), and also dysplasia [50,51]. In severe
oral dysplasia, there is a consistent elevation in the nuclear/cytoplasmic ratio, which increases overall tissue
scattering and may result in reduced depth resolution of OCT images. In healthy oral tissues and benign oral
mucosal lesions, the epithelium projects into the lamina propria referred to as ‘rete-pegs’ (see Fig 6). The
healthy oral tissues and even dysplastic lesions demonstrate an undisturbed, well-demarcated epithelium,
with a wavy rete-peg outline. Also, non-malignant oral epithelium contains no blood vessels. The presence
of blood vessels (displayed as circular cross-sections) within the epithelial zone is suggestive of ‘tumour
angiogenesis’, an essential signature of malignancies [20]. An interesting feature of oral cancer is the presence
of disrupted tissue structure at the surface level and also within the epithelial architecture [20] (see Fig 7).

3.4.3 Lamina propria

The lamina propria in normal oral mucosa contains several micro-anatomical structures like
blood vessels, taste buds, salivary ducts and minor salivary glands, etc. which should not be confused for
pathological findings [20]. In normal oral tissues, blood vessels are located in the Lamina Propria and appear
as a tubular structure with two hyper-echoic lines and a central hypo-intense lumen [20, 34]. Specific caution
must be advocated in the case of tongue tissues which contain different types of papilla [20]. Minor salivary
glands in oral tissue are analogous to ‘sweat glands’ in the skin and have a corkscrew morphology [20]. It is
essential to know the histological micro-architecture of the oral mucosa to capture abnormal changes at an
early stage.
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4 Optical coherence tomography for stomach cancer

4.1 Background

The stomach is a muscular organ and keypart of the gastrointestinal system situated in the upper left
side of the abdomen, between the oesophagus and the small intestine (duodenum). Based on physiological
activities, stomach can be divided into four main sections: Cardia, Fundus, Body and Pylorus. The stomach
wall consists of four layers: Mucosa, Sub-mucosa, Muscularis propia and Serosa. Stomach mucosa is lined
by columnar epithelium and contains gastric glands which produce mucus, pepsinogen and hydrochloric
acid [52]. Secretion of gastric juice is vital for proper digestion [53]. Common diseases of the stomach
include gastritis, gastroparesis, dyspepsia and different forms of cancer. Stomach cancer or gastric cancer
can grow in any part of the stomach and the leading risk factors are helicobacter pylori infection, smoking
and alcohol consumption, use of a non-steroidal anti-inflammatory drug (NASID), gastrointestinal reflux
disease (GERD), pernicious anaemia, etc. Most common cause of gastric ulcers are the infection of mucosa
and submucosa with H-pylori bacteria [54-57] and overdose of NSAIDs [55-60]. The pathogenesis of gastric
cancer is a multi-step process similar to other cancers and grows slowly over several years without significant
symptoms. Atrophic gastritis induces pre-cancerous changes in the mucosa, which results in gastric epithelial
dysplasia followed by an adenoma, and finally, a malignant tumour like adenocarcinoma develops [61].
Gastric cancers are prominently adenocarcinoma, lymphoma, gastrointestinal stromal tumour and carcinoid
tumour. Other less common malignant tumours include leiomyosarcoma, squamous cell carcinoma, and
small cell carcinoma. Classification and clinical staging of stomach cancer enormously influences the choice
of therapeutic intervention and patient prognosis. Stomach cancers are classified based on location, gross
appearance, histological features, pathological behavior, and histogenesis of tumour [62-65]. Many gastric
cancer staging systems have been proposed based on the extent of tumour spread, depth of wall invasion, and
number of metastasize lymph node similar to other human cancers [66-73].

Despite the fact that new, improved diagnostic tools and curative therapy have been discovered;
the overallincidence of gastric cancer is continuously growing. In the year 2018, stomach cancer was the
fifth most common malignancy in the world; it is third and fifth-leading cause of cancer death in men and
women, respectively [74]. In India, 57394 new stomach cancer cases reported in the year 2018, and was
reported as the fourth most common cancer in India [75]. Early diagnosis plays most important role in
the management of gastric carcinoma [76-78]. Complete eradication of early-stage gastric tumour by the
implementation of surgical intervention improves the prognosis of the disease [79-82]. Currently accepted
diagnostic techniques such as abdominal computed tomography shows very low sensitivity during early-
stage gastric cancer necessitating the need for development of further imaging modalities [83]. ‘Endoscopic
sonography’ can image the different layers of stomach wall, but can’t effectively differentiate malignant and
normal tissue. ‘Magnification Endoscopic technique’ however provides relatively higher resolution images
of different sections, facilitating a detailed inspection of the inner linings of the stomach wall, staging of the
tumour and tissue biopsy at suspected region. Approximately 90% of gastric cancers are detected by different
endoscopic imaging techniques [84,85]. However, numerous clinical scenarios are still reported in which
endoscopic visual inspections have produced false-negative results. Only the outermost layer of gastric
mucosa can be visualized through routine endoscopic imaging, and there is high chance that early-staged
tumors developing in the deeper aspects of mucosa or muscularis propia are not detectable. The early-stage
tumor can be removed by endoscopic or laparoscopic surgical resection, but there is a contradiction on the
optimal extent of tissue resection with tumor-free margin. ‘Endoscopic OCT’ aptly addresses the mentioned
clinical challengesy. It produces high resolution cross-sectional and volumetric images of the stomach wall,
and supports the diagnosis of early-stage tumours and can even assist clinicians to effectively identify tissue
margins during surgical resection of tumour. Image derived quantitative parameters add more dimension in
disease diagnosis using imaging modalities [86]. OCT images can be further processed to extract quantitative
parameters for functional imaging [87].
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4.2 Review on OCT applications for stomach cancer

The potential of OCT to produce real-time, cross-sectional images of the sample with a near
histological resolution makes it most effective imaging modality to be combined with an endoscope for
early-stage gastric cancer diagnosis. It takes away all the flaws of the endoscopic 2-dimensional imaging
techniques and improves diagnostic accuracy significantly in the context of early-stage cancer screening.
Early applications of OCT were mostly restricted in the field of Ophthalmology [88,89]. Because of the
highly scattering nature of the tissue, researches were facing problem to interpret images acquired from
tissue using OCT. In 1994, Schmitt et a/ applied OCT for imaging rat arteries and shown that microstructural
features in the depth of several hundred micrometres can be visualized [90]. In 1996, Izatt et al. developed
a time-domain based specialized OCT system for human gastrointestinal tissue imaging [91]. They were
able to image mucosal layer up to the depth of 600 um and clearly identified microstructures like- cryptic
lumen and columnar epithelial cells. Sergeev ef al in 1997, developed a novel endoscopic OCT system by
integrating a standard endoscopic device with all fibre OCT system and first time demonstrated in-vivo OCT
imaging of human mucous membrane in the gastrointestinal tract [92]. Jackle et al in 2000 developed a
fibre optic-based portable OCT system and flexible probe for endoscopic application. They reported the first
clinical application of OCT during routine endoscopy for imaging gastric and colonic mucosa [93]. Das et
al in 2001 reported a similar kind of study [94]. Meanwhile, the implementation of better image processing
algorithms and optical instrumentation improved the image quality and imaging depth. Development and
commercialization of the SD-OCT system gave a thrust to the researchers to explore new possibilities
and widen the field of OCT application. Different imaging probes were designed for the use of specific
applications. Development of micromotor based endoscopic catheter enabled high resolution circumferential
cross-sectional imaging of the GI tract [95]. In 2008, Zagaynova et al presented an application of time-
domain endoscopic OCT on 390 patients having GI tract pathology [96]. They showed that the sensitivity
and specificity of endoscopic OCT in the detection of colon dysplasia are 92% and 84% , respectively. This
clinical study reinforced the importance of OCT application in early cancer detection and surgical guidance. In
2010, Moon et al developed a fibre-cantilever piezotube scanner based forward view OCT scanning catheter
for stable endoscopy OCT imaging [97]. They applied reduced resonance frequency of cantilever scanner
for better scan performance during endoscopic OCT imaging. Tsai et al in 2013 used vertical cavity surface
emitter laser (VCSEL) to develop an ultrahigh speed swept source endoscopic OCT and demonstrated in-vivo
three-dimensional imaging of rabbit GI tract and ex-vivo three-dimensional imaging of human colon sample
[98]. Polarization-sensitive OCT generates extra contrast during tissue imaging. It has been reported to be
used in colon cancer detection [99]. Numerous other researchers have contributed towards the development
of OCT and OCT-based endoscopic imaging system, particularly for gastrointestinal tract imaging [100].
An OCT-based endoscopic medical imaging system (NvisionVLE® Imaging System) is made commercially
available by N Point Medical, Inc. It is capable of detecting abnormalities in the oesophagus and bile duct.

.

B> 4 ‘g‘ b

P P N RN g
Q :pq?, tﬁi"?r“ S N T'“Vh.?"-:?wsf%:!(i-?%-q i

-

100 pm

Fig 8. OCT image of normal gastric mucosa showing different layers.
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Fig 9. OCT image showing slightly altered mucosal structure of gastric mucosa at transition state
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Fig 10. OCT image of a malignancy developing in gastric mucosa, lacking delineated mucosal structure

4.3 Recent advancements in OCT technology for gastric cancer detection
4.3.1 Endoscopic capsule:

Though the catheter-based OCT has been proved very useful in early-stage GI tract cancer detection
and clean margin identification for complete tumour resection, but it is also true that its clinical implementation
is not easy because of the curvilinear structure of the GI tract. Also, the motorized pullback mechanism of the
catheter was prone to mechanical deformation. To overcome this problem, wireless capsule endoscopy with
SS-OCT has been implemented [ 101]. Wireless capsule-based OCT is easy to navigate inside the curvaceous
GI tract, which reduces the panic of the patient during the procedural execution. In the recent development,
a tethered capsule endoscopic OCT device with the capability of producing laser mark at the site of OCT
scanning has been developed [102]. This device is very useful for co-localizing OCT images with histology.

4.3.2 OCT and machine learning:

Optical Coherence Tomography, being an imaging modality with a high resolution,
can deliver us with a lot of data about the morphological features of the tissues. Previously, we could not
make much use of this data other than just imaging the sample. But now with the advances in machine
learning techniques and algorithms, we are at a stage where a normal stomach tissue and a cancerous one
can be differentiated. The textural quality of the cancerous tissue is the essential analysis criterion used
for classification. The variance of intensity distribution in the image is used to mark the morphological
heterogeneity of the sample [103]. Machine learning was first incorporated with ophthalmologic OCT as it
was the one which existed as a conventional test ophthalmology for more than a decade, while it took bit
long for OCT to get established in other areas [ 104,105]. Applying deep leaning in stomach cancer OCT is
more feasible as this approach can assist surgeons in the surgically removal of tumorous tissue. The deep
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learning algorithm, when applied in the OCT images of stomach tissues, will provide very good classification
results, as the healthy stomach tissue is very much homogenous in structure and it loses the homogeneity as it
becomes tumorous. Classifier algorithms like Support Vector Machine(SVM), K-Nearest Neighbour (KNN),
Random Forest(RF), Logic Regression(LR) and Threshold Classification are used to classify cancerous
stomach tissue. Apart from these techniques, other quantitative parameters like standard deviation has been
attempted with the above-mentioned classifier algorithms for quantifying the image sensitivity, specificity
and accuracy. Also the same has been repeated with specific pixels or even weighted group of pixels for
estimating sensitivity, specificity and accuracy [106].

4 Conclusion

Optical coherence tomography (OCT) is a powerful optical biopsy method to carry out non-
invasive, label-free high-resolution imaging of tissues in situ, and has an impressive track record in the fields
of oral and gastric cancer detection. Different OCT systems have been clinically deployed for inspecting
tumorous tissues both in situ and for ex-vivo. We are currently implementing OCT for detecting oral cancers
and stomach cancers in ex-vivo tissue specimens, and in the verge of developing clinical OCT platforms.
Furthermore, the cooperation of OCT with machine learning approaches can greatly impact cancer detection
and classification. Optical fibre based probes also add more flexibility to the device and can support clinicians
to image tissue samples more efficiently. OCT with endoscopic capsule, is another promising advancement
as it makes the navigation inside the curvaceous/tortuous GI tract easier, leaving patient with almost limited
discomfort. The development in different technologies concerning OCT can significantly improve its scope
in the medical arena
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microscopy. The change in phase of the light ray due to differences in thickness and refractive index (RI)
in the specimen are transformed into bright or dark contrasts in the image. These phase changes are seen in
terms of image contrast due to the constructive or destructive interference between light scattered from the
phase objects and the undeviated light.

Since the discovery of the phase contrast microscopy by Zernike, various studies have been
performed, due to its applicability in viewing high contrast images of transparent specimen, such as living
cells, microorganisms, thin tissue slices and subcellular particles with no staining [16,17]. Sato and Kennard
in 1993 used phase contrast microscopy in screening of unstained skin tissue sections to identify the
epidermal margins in their structures [ 18]. Schilling et al proved the potential of phase contrast microscopy
for the diagnosis of cervical smears and claimed it to be a potential alternative to the conventional Pap test
[19]. Yelleswarapu et al incorporated phase contrast technique for imaging live biological specimens like
paramecium and obtained better contrast by identifying its outlines and external hair like structure which
were not clearly observed in bright field microscopy [ 17]. Human breast tissue sections were evaluated on the
basis of changes in scattering among normal, benign-associated stroma and tumor-associated stroma [20].

The changes in refractive index of tissue with progression of cancer plays an important role in
detection of cancer through optical techniques. Variation in refractive index ranges from several nanometers
to few micrometers and displays power law behavior [21]. The scale invariant inverse power law dependence
of elastically scattered signal has been found to be associated with self-similar property of RI [21,22]. The
fractal nature of tissue RI distribution can be studied through a number of techniques depending on the
complexity of the data. Techniques such as detrended fluctuation analysis (DFA), wavelet transform module
maxima (WTMM), multifractal detrended fluctuation analysis (MFDFA) have been extensively used to
probe fractals and multifractals [22-25]. Long-range dependence in coding and noncoding of DNA nucleus
sequence has been studied through DFA [23]. It has also been applied on one dimensional sequences of
images to study the roughness feature of texture images, in which the Hurst exponents and scaling exponents
were calculated for different image orientations [26]. However, a major drawback of DFA is that it cannot
explain a complex spectrum which possesses multifractal properties. On the other hand, MFDFA which is
a generalized form of DFA has been used to study the complex data which requires more than one scaling
exponent to explain different parts of data. MFDFA has been used for multifractal characterization of leaf
image segmentation, heart failure and human gait disease [27-29]. It has also been applied for cervical cancer
detection [22]. Additionally, WTMM has the capability to quantify multifractal properties and has been
used for investigation of fractals and multifractals [30-31]. It has been generalized to higher dimensions for
investigation of images and vector fields [20,21]. Both MFDFA and WTMM produce consistent and reliable
results [32]. It has been seen that WTMM requires high computational efficiency [33]. It also has severe
implementation difficulties and lacks theoretical foundation. However, wavelet leader based multifractal
formalism (WLMF) is a relatively new technique which has low computational cost and is easy to implement
[34]. Hence, wavelet leaders are constructed through discrete wavelet transform using a mother wavelet.
Wendt e al have shown that a robust and practically efficient formulation of multifractal analysis should
be based on wavelet leaders [35]. WLMF has been used to study the changes in multifractality of heart
rate variability during myocardial ischaemia [36]. It has also been applied for heart rate variability in arial
fibrillation [37].

For classification, we have employed a robust classifier such as Neural Network (NN) analysis.
Neural Network has a wide application and has been used for fraud detection, forecasting marketing research
solution, risk assessment and as well as for analysis and classification of electromyographic patterns [38-41].
It has also been used for classification of cervical cells [42, 43]. Esteva et al have used deep neural network
for dermatologist level classification of skin cancer [44]. In our study, phase contrast imaging was performed
on different grades of cervical pre-cancer tissue sections. The images were analyzed through wavelet leader
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based multifractal analysis to study the variation in fractal behavior in the stromal region of the tissue during
progression of cervical pre-cancer. To make a decision, the log cumulants extracted from WLMF were
classified through neural network analysis using backpropagation method.

2 Materials & Methods

Sample preparation

Unstained cervical tissue sections of thickness 20um used for this experiment were provided by
Dr Asha Agarwal, Professor of Pathology and Academic head DNB program, Regency Hospital Sarvodaya
Nagar, Kanpur, UP, India. Two samples from each grade were used in this study. A total of 58 sites, 20 from
each of CIN-I, CIN-II and 18 sites from CIN-III samples were imaged.

Data collection

A Nikon microscope (Nikon, E201) was used to capture both bright field and phase contrast images
of cervical tissue sections. For phase contrast imaging compatible phase plate and microscope objectives
were used. A built-in halogen lamp was used to illuminate the stromal region of the cervical tissue sections.
All the images were recorded with 40X magnification using an EMCCD (Andor, EMCCD 897), which gives
the output images of 512x512 pixels. The approximate area imaged with this was (500x500) pm?>.

Wavelet leader based multifractal formalism (WLMF)

WLMF was applied on phase contrast images to study the hidden multifractal properties in the
stromal region of tissue. The procedure for WLMF described in this section was adopted from [23]. Wavelet
leaders were calculated through discrete wavelet transform using bi-orthogonal mother wavelets. The
important steps of this algorithm are given below.

The wavelet leaders (WL) are defined as: Ly (/, k) = Ly, = sup; e dld; |}

For a given time and a given scale, the computation of WL is basically the search of the greatest wavelet
coefficient in a narrow time neighborhood for all finer scales.

The structure function (SF) computed from WL is given by
nj
| .
20 2) =5 3 1L GAI

If the signal has self-similar property, then the SF displays power laws of the scales.

The scaling exponents (SE) can be obtained as the slopes of the linear regression of the SF versus
the scales in the log-log plot. SE are defined as:

Iim . (1 7:(q,2
wlg) = g inf 1282 Z02)

SE can be expanded as polynomials in g as:
S0 &
(@) = Z Cp -
p=l P
C, are known as the log cumulants and are non-zero for a multifractal spectrum 7;(q).
The singularity spectrum can be calculated via Legendre transformation of 7;(g).
Dy =" (1 + gh—7,(q))
For analysis, the images were unfolded pixel wise in a linear direction to create a vector which

contains the fluctuations in RI. The one dimensional fluctuation series was then analyzed through WLMF.
The code for this work is written in Matlab by using “dwtleader” function.
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Neural network algorithm

NN analysis works in a similar fashion as the neural networks in the human brain. Neuron in a NN
is a mathematical function that collects and classifies information according to a specific model. Here, a
multilayer perceptron with backpropagation model was used. The code for this classification was written in
Matlab.

3 Results and Discussion

Figure la, 1b and 1c display the phase contrast images of CIN-I, CIN-II and CIN-III tissue sections,
respectively. The area imaged with this setup was (500x500) pm? and the analyzed area was (300x300) pm?>.
The images were converted to vectors by unfolding the image pixels and were analyzed through WLMF.
The log - log plot of structure function and scale for a CIN-I sample is shown in Fig 2a. It can be seen that
the straight line plots of structure function for different values of ¢ exhibit a strong power law behavior. The
structure function displays power law behavior in the presence of multifractality. The same trend was also
noticed for higher grades of cervical pre-cancer. The plots of scaling exponent (t(g)) for all three grades
shown in Fig 2b vary non-linearly with ¢g. The log cumulants were calculated by fitting t(¢) to a polynomial
function. For mono-fractal, 1(g) is independent of g. Therefore, the non-zero log cumulants and non-linear
variation of 1(g) indicate the presence of multifractality in the surface under study. The bright field images
analyzed through WLMF also displayed multifractal properties (not shown).
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Fig 1. Phase contrast images of (a) CIN-I, (b) CIN-II and (c) CIN-III. The area of the image
shown here is approximately (300x300) pm?>.

The plots of singularity spectrum (D(h)) obtained by Legendre transform of z(g) for all three grades
are displayed in Fig 2c. The mean and standard deviation of width of the singularity spectra (A%) of all the
three grades for phase contrast and bright field images are shown in Table 1. It can be seen that Ak increases
with progression of cervical pre-cancer. The higher A/ for CIN-III clearly indicates the increase in strength
of multifractality with progression of cancer. The stronger multifractality in the spatial RI fluctuation at
higher grades of pre-cancer could be a manifestation of the increased heterogeneity in the fibrous network
of the stromal region. The increase in A/ indicates the increase in roughness of the surface under study
i.e. predominance of RI inhomogeneities having smaller spatial dimensions. The deterioration of collagen
cross links and changes in size, shape of fiber network in the stromal region with progression of cervical
pre-cancer can lead to such inhomogeneities in RI. Az was also calculated for bright field images of all
three grades. With progression of cancer, inhomogeneities in RI increases which increases roughness of the
surface. Though, A/ is expected to be higher for CIN-II than CIN-I with progression of cancer, it was found
to be lower for bright field images, whereas the phase contrast images display consistency. Bright field image
is affected by multiple scattering, producing poor image contrast. As opposed to this, phase contrast image
exploits this same scattering nature of the sample and extracts the phase information, providing a clear image
contrast.
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Fig 2. (a) log — log plot of structure function for a CIN-I sample, (b) scaling function and (c) singularity spectrum.

It can be seen from Table | that CIN-I and CIN-III can be distinguished but the CIN-II overlaps
either with CIN-I or CIN-III with Ah as the feature. Hence, we have used the estimated log-cumulants (C,
and C,) as the features for distinction of three different grades. The mean and standard deviation. of absolute
values of C; and C, are shown in Table 1. CIN-I and CIN-II can be distinguished clearly but CIN-III is
overlapping and from C,, it is difficult to distinguish. The scatter plots of log cumulants (C;, C,) obtained
from the analysis of the bright field images shown in Fig 3a exhibit overlapping of C; among all three
grades whereas C, distinguishes CIN-II from the other grades as seen in Fig 3b. Only CIN-II sample can be
distinguished from the scattered plot of C,, similar trends has been observed from the scattered plot of C,
versus C, displayed in Fig 3c. Hence, we have used phase contrast results for comparison and classification.
However, the scatter plot of C; shown in Fig 3d exhibits a clear overlapping of CIN-III with CIN-I and CIN-
II and the scatter plot of C, shown in Fig 3¢ displays overlapping among all three grades. Hence, it is difficult
to distinguish three different grades by using either C; or C, as features. On the other hand, the scatter plot
of C; versus C, for all three different grades shown in Fig 3f displays a better discrimination among all three
grades. It can be seen that both CIN-I and CIN-II are classified clearly while some parts of CIN-III is seen to
overlap with CIN-I.
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Table 1. Mean and standard deviations of widths of singularity spectrum (A/%) and absolute value of log-cumulants
(Cy, C,) for phase contrast and bright field images.

Phase contrast Bright field
Tissue classes Ah C, C, Ah C, C,
CIN-I 0.68+0.19 0.34+£0.07 0.07+£0.02 0.39+£0.04 0.28+0.03 0.05+0.01
CIN-II 0.70£0.10 0.58+0.10 0.12+£0.08 0.30+0.06 0.34+0.08 0.04+0.03
CIN-III 0.89+0.24 041£0.05 0.15£0.08 0.57+0.12 031+0.04 0.09+0.04
0.5 ‘ e 0.1 ‘
A l:::jl ) A = a b A A R
0.45 - = CIN-I 0.05 N ., N A
0.4x “ Ak o, s 0% a “ “
< 035 . : . 3 - {_;N'O‘DS:.tU'Co..el.u"ico:'
A g-.: 4 mgee . t -0.1 ME A MR M r
03" o . L e s 015 v v
vase * R 0 T
5 10 15 20 ) 5 10 15 20
Sample Numher Sample Number
(a) (b)
o1 ARNE: N ' =
005 as a R A . -‘-IN—III 0.7 Ly covm . b
UA A A . o6l . e
e . . " A - Iy .
. 05 ® s !.c }.' . * 05 v .4 v .
0.1+ e Pyt = s |
| . T v L
-0.15 - 04 v v©®oe . v R .
v e Ty
-0.2- 0.3'... LI . R
025 03 n.és 04 045 05 0-20 p m 15 0
1 Sample Number
(©) (d)
0 I " Cow A
PP § e ® . : e -0-05eulye, - e a Aa :;:z:'
ol ‘:‘ ;‘= ..:ExA"'. g -0.1 \5'.‘ :“A:‘ ‘.AAA A = CINATI
v v M v A _0‘15 - " L L] [} A
g2 M b “ o2 " s
v A -
v -0.25 -
0.3 "
M/ ® CINT A -0.3-
a A CINAL " A
¥ CINAN -0.35 . . § . . A
0y 5 o 15 20 0.3 0.4 0.sc 0.6 0.7
Sample Number 1
(e) ()

Fig 3. Scatter plot for (a) C, (b) C, and (c) C, versus C, for bright field images and (d) C; (e) C, and (f) C,
versus C, for phase contrast images of all three grades.

A total of 58 sites, 20 sites each from CIN-I, CIN-II and 18 sites from CIN-III were analyzed.
The log cumulants (C; and C,) obtained from WLMF were used for classification through NN. Figure 4a
displays NN classification of different grades. It can be seen that the CIN-I samples are clearly distinguished
from CIN-II except one outlier. However, few samples from CIN-II and CIN-III lie in the CIN-I region.
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This classification can be better understood from the confusion matrix shown in Fig 4b, where the diagonal
elements display the number of sample classified correctly and the off-diagonal elements display the samples
incorrectly classified. The last row and column display the percentage of samples correctly and incorrectly
classified, respectively. It can be seen that CIN-I and CIN-II are well classified while CIN-III is ill- classified.
The ROC plot shown in Fig 4c confirms the ill- classification of CIN-III. The specificities and sensitivities
for CIN-I/CIN-II, CIN-II/CIN-III, and CIN-I/CIN-III are listed in Table 2.

@® CIN-I
A CIN-I
® CIN-III

(W]

Output Class
2

1 2 3
Target Class

(b)



Comparison of phase contrast and bright field microscopy through wavelet leader based... 71

1 I
8 0.8 1
=
=4
E 0.6 ] 1
.“5 1
S
A~ 0.4 1
o i
=
-
= 0.2 —CIN-I | 1
= CIN-II
e (C TN 11T
0 L
0 0.5 1
False Positive Rate
(c)

Fig 4. (a) Classified log cumulants, where lines represent the class boundary, (b) confusion matrix
and (c) ROC plot for the classification through NN algorithm.

Table 2. Sensitivities and specificities obtained from NN classification.

Tissue classes Sensitivity (%) Specificity (%)
CIN-I/CIN-II 95 94
CIN-II/CIN-III 94 72
CIN-I/CIN-IIT 100 53

4 Conclusion

Phase contrast and bright field imaging were performed on cervical tissue sections to study the
variation in spatial fluctuations of RI with progression of cervical pre-cancer. The fractal behavior occurring
in the stromal region of cervical tissue with development of pre-cancer were studied through WLMF. Both
phase contrast and bright field images revealed presence of multifractality. The changes in fractal behavior
can be related to spatial variation in RI. The morphological changes, such as breaking of collagen fiber
network and formation of new micro-fibrils affect the density of fibrous network in the stromal region,
which manifests as variations of RI. Such changes in RI was related to the width of the singularity spectrum,
which was found to be increasing with progression of cervical pre-cancer, indicating morphological changes
associated with it. We found that the phase contrast images displayed consistent results and discriminated
all three grades better than bright field images. Combination of log cumulants (C; and C,) displays a better
classification. NN applied on log cumulants of different grades, clearly classifies CIN-I and CIN-II but not
CIN-III. The specificities and sensitivities for CIN-I/CIN-II, CIN-II/CIN-III, CIN-I/CIN-III are 94%, 72%,
53%, and 95%, 94% and 100% , respectively.
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Optical methods have drawn considerable attention in recent years as the promising new tools for diagnosis of oral
cancer. They are important because of their ability to provide quantitative diagnostic information about tissue in a
minimally invasive or noninvasive manner. This paper reports a comprehensive review of the various reports published
over the years on the use of optical methods such as fluorescence, diffuse reflectance, or Raman as the diagnostic tools
for in-vivo assessment of various oral tissue pathologies. It will also provide a snapshot of the representative results of
optical spectroscopic studies being carried out in our laboratory at RRCAT and discuss about our efforts that resulted
in, over the years, diagnostic systems with increasingly improved features, and recently led to a very compact, USB
powered, LED based diagnostic system equipped with a user friendly software having potential use as a standalone
automated cancer screening tool for screening population at risk in remote areas. © Anita Publications. All rights reserved.

Keywords: Optical diagnosis, Fluorescence, diffuse reflectance, Raman spectroscopy, Oral cancer.

1 Introduction

The oral cavity cancer is one of the most common cancers in India and other South-Asian countries
[1,2] . India tops in the prevalence of oral cancer in the world, and use of tobacco and pan masala are known to
account for this large incidence of oral cancer [3-7]. More than 35% of Indians (48% males and 20% females)
above the age of 15 years either smoke or use tobacco in any form [8] and nearly 0.9 million tobacco-related
deaths occur in India annually as compared to 1.5 million worldwide [1,8,9]. Although the oral cavity is
casily accessible to inspection, patients with oral cancer most often present themselves at an advanced stage
when treatment is less successful thereby leading to high morbidity and mortality [ 10,11]. Early detection of
oral cancer through mass screening of high risk as well as asymptomatic individuals remains the best way
to ensure patient survival and quality of life [12]. At present, the only available means of obtaining the true
status of a suspicious lesion in the oral cavity is invasive biopsy followed by histopathology, considered
as the gold standard for definitive diagnosis of tissue pathology. As biopsy is invasive and causes patient
trauma, it is unrealistic and unethical to conduct a biopsy-screening of asymptomatic individuals for the
purpose of early identification of oral lesions. Alternatively, the most widely used method for screening
of oral cancer is the visual examination of the oral cavity [13]. The process, being subjective, often fails to
satisfactorily detect changes in oral mucosa associated with early cancers or pre-cancerous alterations that
generally precede invasive cancers. Although, over the years, several new approaches like the use of brush
cytology, toludine blue staining, Lugol iodine and Methylene blue solution, reflectance visualization after
acetic acid application, and illumination with a chemiluminescent light source have been proposed to address
the limitations of the conventional oral examination [14-16], a high rate of false positives are generally
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associated with these methods. Thus, there is an urgent current need for alternative diagnostic methods that
can enhance the visual assessment of oral lesions and particularly help discriminate malignant and potentially
malignant lesions from the normal oral mucosa.

In recent years, optical methods have been suggested and validated as powerful alternatives for
automated, non-invasive and near real-time detection of various cancers in a clinical situation. [17-52]. The
major attraction of optical diagnosis comes from the fact that it can provide biochemical and morphological
information associated with cancer transformation well in advance even before appearance of clinically
visible sign and symptoms of disease. Further, optical diagnosis allows non-invasive or minimal invasive
probing of biological tissue without the need of painful biopsy or the processing of the specimen as required
in histopathological evaluation. The use of non-ionzing radiation in optical diagnosis also allows repeated
monitoring of disease without any adverse effects. Most of the work on optical diagnosis of cancer has
been performed using fluorescence spectroscopy [17,18,27-31,19-26], diffuse reflectance or elastic scattering
spectroscopy [32-36] and Raman spectroscopy [37,38,47-52, 39-46]. Of these, fluorescence spectroscopy is
the one that has been most widely used for the detection of oral lesions [21,22.24-31] followed by diffuse
reflectance spectroscopy either alone or in combination with fluorescence spectroscopy [32-34,36]. In
recent years, Raman spectroscopy has joined the league [38,42,45-51]. However, the applications of Raman
spectroscopy in this area are still at the early stages of development [37,39-41,51,52].

2 Basics of optical diagnosis

When light is incident on a tissue, the light photons either get reflected from the surface of the
tissue (specular reflection) or get transmitted through it. The transmitted photons while propagating inside
the tissue either get absorbed (‘absorption”) or emerge out of the surface after undergoing many scattering
events (‘diffuse reflectance’) or transmit through the boundaries (‘transmission’). The absorbed photon may
be reemitted as fluorescence light. Scattering of the photon can be either elastic (without change in the
wavelength) or inelastic Raman scattering (with change in the wavelength). The underline hypothesis of
optical diagnosis of cancer is the fact that during disease progression, the changes in optical properties of
tissue can be interrogated by different optical means such as fluorescence, diffuse reflectance, Raman and
their combinations using the visible, infrared and near infrared light. A brief description of the underlying
hypothesis on use of these techniques for tissue diagnostic is presented here.

2.1 Diffuse Reflectance

Diffuse reflectance spectroscopy measures light that undergoes multiple elastic scattering events
within the tissue before emerging out of the tissue surface, thereby providing morphologic information about
the tissue [32-34]. It bears the signature of absorption by various chromophores present within the tissue,
thus providing some amount of biochemical information about these absorbing chromophores. The light in
the ultra violet (UV) spectral region below 400 nm is strongly absorbed by the DNA base pairs and structural
proteins (collagen and elastin), co-enzymes and lipids, whereas the visible and near infrared (NIR) light is
mainly absorbed by different forms of hemoglobin (oxygenated and deoxygenated), porphyrins, melanin
and water present in the tissue. The measured diffuse reflectance is also sensitive to the changes in the sub-
cellular architecture (associated with disease transformation), which generally get reflected in the observed
morphological parameters (such as nuclear to cytoplasm ratio, mitochondrial size and density etc.) used for
histological assessment of tissues [19]. Diffuse reflectance is also sensitive to the ultra-structural features
that are beyond the limit of Abbe resolution for optical microscopy, and thus provides information which
otherwise is not possible to obtain from conventional histology [19].

2.2 Fluorescence

In fluorescence, the chromophores present in the target tissue following excitation to a higher
electronic state on absorption of light of short wavelengths (typically UV or blue), de-excite to their ground
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electronic state with reemission of light of higher wavelengths (i.e. lower energy). For fluorescence diagnostic
applications, these chromophores are either endogenously present in the tissue or can be administered
exogenously to enhance fluorescence. Tissue contains several endogenous fluorescent bio-molecules such
as structural proteins (collagen and elastin), coenzymes (NADH, FAD), aromatic amino acids (tryptophan,
tyrosine, and phenylalanine) and porphyrins [53]. The {excitation; emission} maxima pairs for these
fluorophores are known to be at {280 nm; 350 nm} for tryptophan, {275 nm; 300 nm} for tyrosine, {260 nm;
280 nm} for phenylalanine, {325 nm; 400 nm} for collagen and elastin, {351 nm; 460 nm} for NADH, {450
nm; 535 nm} for FAD and {400-450 nm; 630 and 690 nm} for porphyrins [18,53,54]. By measuring the UV-
induced fluorescence of native tissue (often called “autofluorescence”) it should, in principle, be possible
to learn about the relative concentrations and redox states of such compounds and in turn to learn about
the biochemical state of the tissue. However, interpretation of tissue autofluorescence is complicated by
the intrinsic scattering and absorption properties of the tissue, rendering autofluorescence measurements
significantly more complicated than measurements of fluorophores in dilute solution [32,53]. Despite these
difficulties, several studies have shown that autofluorescence can be used for clinical diagnosis of cancers in
two modes, either by single-point spectroscopy measurements or through wide area imaging [22,55]. While
the single-point spectroscopy is used to get the detailed spectral information from one localized tissue site at
a time, the spectral imaging method provides a comprehensive spectroscopic information from a larger area
of tissue surface [35,55].

2.3 Raman Scattering

Raman scattering is an inelastic scattering process which probes the vibrational energy levels of
molecules and specific peaks in the Raman spectrum denote particular chemical bonds or bond groups of the
molecules. In fact, Raman scattering from a biological sample provides more comprehensive information
about the “molecular fingerprint” of the biomolecules present in the sample as compared to the information
obtained using fluorescence or diffuse reflectance [44,50,52]. Four important components of biological
tissues that contribute to the Raman spectra are proteins, lipids, nucleic acids and water [47,52]. Because
of the chemical specificity of Raman scattering, it has the ability to discern the subtle biochemical changes
associated with disease transformation thus making it particularly suited for diagnostic applications.
However, early attempts at measuring in-vivo Raman spectra were difficult because of the fluorescent nature
of the biological tissues and the limitations related to light sources and detectors [43, 44,52]. With continued
improvements in detector technologies over last two decades, it has now become possible to acquire good
quality tissue Raman spectrum in a clinically acceptable data collection time [43,44,52]. Further, portable,
powerful and stable diode lasers emitting wavelengths in the “optical window” of tissue, such as 785 nm and
830 nm, at which they generate minimal background fluorescence while penetrating fairly deeply into tissue
are now readily available.

3 Status report on optical diagnosis of oral cancer

The different modalities of the optical methods such as diffuse reflectance, fluorescence, combined
diffuse reflectance and fluorescence and Raman spectroscopy have been extensively studied for ex-vivo and
in-vivo diagnosis of oral cancer. We present an overview of some representative studies to indicate the
present State-of-Art of optical spectroscopy and imaging for oral cancer diagnosis.

Some of the earliest works on optical diagnosis were carried out using fluorescence spectroscopy
by the MIT group [19,27] as well as our group [28] to interpret the observed differences in the UV-induced
fluorescence in oral tissue of different pathological states. The fluorescence spectra recorded with excitation
wavelengths of 337, 365, and 410 nm have been demonstrated to produce the greatest separation of neoplastic
and dysplastic tissue from normal oral tissue [27]. Using 337 nm as the excitation wavelength, our group
also showed that the autofluorescence intensity was considerably less for malignant as compared to normal
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oral tissue [29-31,56]. The decrease in the fluorescence intensity was attributed to the alterations in tissue
architecture or biochemical composition during neoplastic progression of oral tissue [27,56]. The translational
research on fluorescence spectroscopy for in-vivo oral cancer detection includes several small clinical studies
which have further validated the fact that the fluorescence intensity from healthy oral mucosa is generally
greater than that from the abnormal one [21,22,26,33]. Algorithms developed on the basis of the differences
in fluorescence spectra could discriminate healthy mucosa from dysplastic and cancerous tissue with high
sensitivity and specificity [22,29-31]. Everything put together, these findings suggest that fluorescence can be
utilized to develop simple and objective tools for in-vivo identification of oral neoplasia [21,29.51]. Recently,
the U.S. Food and Drug Administration approved an autofluorescence imaging device for early detection of
oral neoplasia [25]. The commercial device, marketed as the VELscope® (LED Dental, Inc., White Rock,
BC, Canada), has a blue/violet light (400 — 460 nm wavelengths) for illuminating oral tissue and optical
filters (long pass and notch filters) to enable doctors directly visualize fluorescence in the oral cavity [25].
The VELscope and other fluorescence imaging devices [57] proposed in the literature rely on qualitative
observations for detecting and delineating neoplastic oral lesions. These instruments, therefore, require well-
defined and standardized image interpretation criteria, and appropriate user training for reliable screening of
the oral cavity to detect the presence of abnormal lesions.

Diffuse reflectance spectroscopy, which provides a method to examine the changes in the elastic
scattering and absorption properties of tissue, has also been reported to be a promising tool for detection of
premalignant and malignant changes in the oral tissues [34,36]. For example, while an increased scattering
is reported in case of hyperplasia and hyperkeratosis [58], a decrease in scattering and oxygen saturation
values along with an increase in blood content and scattering slope have been demonstrated in malignant
transformation of oral tissues [36]. Mallia et al [34] have conducted a clinical trial and used the ratio of
diffuse reflectance intensities at oxygenated hemoglobin absorption dips at 545 and 575 nm as the parameter
for the diagnosis of oral cancer. Several clinical in-vivo studies have used fluorescence either alone or in
combination with diffuse reflectance spectroscopy with very promising results [32, 33]. Veld et al [32] have
used various normalization methods to correct fluorescence spectra for intrinsic scattering and absorption
properties of the tissue with the help of measured diffuse reflectance, and compared the diagnostic potential
of fluorescence, diffuse reflectance and corrected fluorescence and combination of these. Combination of
autofluorescence and diffuse reflectance is reported to produce improved performance for distinguishing
benign from dysplastic and malignant oral lesions, suggesting complementary nature of fluorescence and
diffuse reflectance for improved diagnosis [32].

Earlier reports on the use of Raman spectroscopy for diagnosis of oral cancer were limited to ex-vivo
studies [59-65] or in-vivo studies on animal models [66,67]. Later, technological improvements in detectors
and light sources have motivated several groups [44,47] including ours at RRCAT (Raja Ramanna Centre
for Advanced Technology), Indore, India[20,42,68,69] to start in-vivo Raman studies on the human oral
cavity to investigate its efficacy for differential diagnosis of various oral tissue pathologies. The first in-vivo
study was reported by Guze ef al [48], who measured Raman spectra in the higher wave number region
(1800 - 3000 cm™) region for in-vivo characterization of the human oral cavity in healthy volunteers and
correlated the spectral variability of the observed C-H stretching bands near 3000 cm™' to the different
degrees of keratinization of the oral mucosa. This was followed by the in-vivo study by the Bergholt et
al [47], who also acquired Raman spectra from the healthy volunteers but in the conventional fingerprint
region (800-1800 cm™) for evaluating the applicability of the approach for characterization of their oral
cavity. The measured Raman spectra showed considerable variability, which they correlated to the variations
in anatomical locations of the interrogated tissue sites within the oral cavity. The applicability of in-vivo
Raman spectroscopy for differential diagnosis of oral lesions was reported by Singh et al [45], who used a
commercial Raman spectrometer to measure in-vivo Raman spectra from patients already identified of having
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malignancy of oral buccal mucosa and showed that Raman spectroscopy in combination with diagnostic
algorithm could delineate malignant from the uninvolved normal tissue sites as well as the premalignant
lesions appearing in the contra lateral buccal mucosa of the same set of patients with an accuracy of up to
87%.In a concurrent study [49] they investigated the influence of aging related physiological changes on the
differential detection of malignant, premalignant and normal buccal mucosa and showed that though there
were aging related changes in the Raman spectra but that did not have any influence on the classification of
lesions [49].
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Fig 1. (a) A photograph and (b) a schematic of the portable clinical Raman spectroscopy system for
in-vivo Raman measurements [Ref 68].

A full-scale clinical study was conducted by our group [68] for comprehensive evaluation of the
efficacy of in-vivo Raman spectroscopy for differential diagnosis of oral lesions in the whole of the oral
cavity. The in-vivo Raman studies [68] was conducted at Tata Memorial Hospital (TMH), Mumbai using the
portable Raman spectroscopic system developed in-house (Fig 1). The in-vivo Raman spectra were recorded
from oral cavity of ~ 200 individuals. The different tissue sites investigated belonged to either of the four
histopathologic categories: (1) squamous cell carcinoma (OSCC), (2) sub-mucosal fibrosis (OSMF), (3)
leukoplakia (OLK) and (4) normal squamous tissue. The Raman spectra of the oral tissues (Fig 2) were
characterized by several characteristic peaks belonging to proteins, DNA, lipids, and bone minerals and
were found to have significant difference over different tissue types. In general, the Raman bands assigned
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to proteins and DNA were found to be higher for OSCC lesions as compared to normal tissues, whereas
it is otherway for lipid related Raman peaks. Compared with the difference between normal mucosa and
malignant (OSCC), normal and potentially malignant (OSMF and OLK) were found to have relatively small
differences. All the measured in-vivo tissue spectra were analyzed for differential diagnosis of oral lesions
using a probability based multi-class diagnostic algorithm. The best classification accuracy was observed
to be 85%, 89%, 85% and 82% in classifying the oral tissue spectra into four different pathology classes-
normal, OSCC, OSMF and OLK, respectively, on the basis of leave-one-individual-out cross-validation,
with an overall accuracy of 86%.

0.020+ 0.012

ons] —Normal 0000l = OSCC
Z

iyt - -
wn ] W
= 0.010 = 0.006
5 &
~— ~—
o= 0.005 = 0.003
— Ll
0.000— . . . 0.000— . T :
1000 1200 1400 711600 1000 1200 1400 1600
0.020. Ramanshift (cm ) vos.  Ramanshift (cm ™)
E‘DIOIS_ _OSMF 0.012 —OLK
.; i;
El].ﬂl[l = 0.008
= o
£0.005 S 0004
o o
0.0001L— - : d 0.000-1— T T T
1000 1200 1400 . 1600 1000 1200 1400 1600
Ramanshift (cm ) Ramanshift (cm )

Fig 2. Mean, normalized Raman spectra of OSCC (n = 316), OSMF (n = 94), OLK (n = 105), and
normal (n = 287) oral tissue sites. The error bars (gray) represent + 1 standard deviation [Ref 68].

An exploratory study [69] was also carried out to figure out whether Raman spectroscopy can be
used to monitor the tobacco consumption induced changes in the oral cavity which is otherwise considered
to be normal. The mean Raman spectra recorded from healthy volunteers without tobacco habit have
shown lipid rich Raman signature as compared to the spectra recorded from tobacco users [69]. Based on
these differences, the spectra of two groups were discriminated with an accuracy of 95% by supervised
classification algorithm. Further, it was found out that exclusion of the spectral data of the healthy volunteers
with the tobacco consumption habits from the reference normal database considerably improves the overall
classification accuracy (92 % as against 86%) of the algorithm in separating the oral lesions from the normal
oral tissues.

In a concurrent study [42], we have not only characterized the variability of Raman spectra
measured in-vivo from the different anatomical locations of the oral cavity of healthy volunteers, but also
investigated its effect on the outcome of statistical discrimination of malignant and potentially malignant
oral lesions from the healthy oral mucosa. An unsupervised cluster analysis using Fuzzy c-means clustering
algorithm was conducted on Raman spectra recorded from the different anatomical sites of the oral cavity
of healthy volunteers for quantifying the underlying structure of the normal oral tissue spectra (Fig 3). The
algorithm could segment the normal oral tissue sites, based on the similarity of spectral patterns, into four
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major anatomical clusters (AC): (1) outer lip, and lip vermillion border into AC-I with an accuracy of 80%;
(2) buccal mucosa into AC-II with an accuracy of 72%; (3) hard palate into AC-III with an accuracy of 92%;
(4) dorsal, lateral and ventral tongue and soft palate into AC-IV with an accuracy of 76%. A probabilistic
multi-class diagnostic algorithm, developed for supervised classification, was used to classify the whole set
of measured tissue Raman spectra into three categories: normal, potentially malignant (OSMF and OLK
pooled together) and malignant (OSCC). The results showed that the diagnostic algorithm, when applied
on the pooled set of spectra from all the anatomical clusters, correctly discriminated normal, malignant
and potentially malignant tissue sites with 86%, 88%, and 86% accuracy, respectively, which amounted to
an overall accuracy of 87%. However, when the anatomy-matched data sets were considered, the overall
classification accuracy was found to improve to 95% with the algorithm correctly discriminating the
corresponding tissue sites with 94%, 99%, and 91% accuracy, respectively.
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Fig 3. Segmentation of the oral cavity anatomy based on Fuzzy C-mean clustering analysis of the Raman spectra
acquired from different anatomical location [42].

The results of a study [20] used to carry out quantitative comparison of relative diagnosis
performances of the fluorescence and Raman spectroscopy for diagnosis of oral cavity abnormality on
same set of patients revealed that for simultaneous detailed classification of spectra belonging to different
pathologies, the Raman spectroscopy outperformed the fluorescence spectroscopy by a margin of greater
than 9% with an overall improvement in accuracy from 77 % to 86%. However, when a binary classification
was employed to distinguish spectra of all the lesions pooled together from normal tissue, the performances
of both the fluorescence and the Raman spectroscopic techniques were comparable (> 90 %). Thus, if the
objective is only to delineate abnormal from normal oral mucosa, as may be required for routine screening
procedures, the fluorescence approach can serve as a method of choice with a cost effective system. However,
when it comes to accurate tissue classification, as may be required for clinical diagnosis of the pathological
state of a lesion, Raman spectroscopy seems to be a superior candidate for that job even though the cost
involved with the Raman systems is higher as compared to that for the fluorescence systems.

Based on above findings, we developed two point-of-care devices for screening of oral human oral
cavity, one based on optical spectroscopy, and the other based on optical imaging. The optical spectroscopic
device (named OncoDiagnoScope) is a tablet computer based, compact and portable instrument capable of
providing real-time diagnostic feedback about the oral tissue under interrogation (Fig 4a). The instrument
consists of a UV LED (for inducing fluorescence), a broadband white LED (for diffuse-reflectance) and
a chip-based miniaturized fiber-optic spectrometer all accommodated in a rectangular acrylic house and
SMA connected to a custom-designed, pencil-sized stainless steel fiber optic probe having three legs each
comprising a fused silica fiber [70]. With the assistance of this instrument, doctors can non-invasively detect,
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in real-time, whether any pre-cancerous or cancerous lesion is present in the oral cavity of the subject he is
examining. It uses two types of light (fluorescence and reflectance) returned from the tissue to determine
its’ tissue type without disturbing or destroying the tissue. The method involves putting a stainless steel
fiber optic probe in contact with the suspected tissue site in the oral cavity. The light coming out of the
tissue is captured and fed to the integrated tablet computer where it is analyzed by a smart algorithm which
can instantly determine whether the tissue is cancerous or not and gives the result on the computer screen
in real-time. Further, it provides quantitative diagnosis unlike the biopsy results which is qualitative and
subjective, as a human being interprets the results looking at the tissue slides. The entire investigation
procedure per subject, using this device, takes less than 15 minutes as compared to several hours required by
the conventional procedure of biopsy followed by histopathology. The device has been validated on patients
with oral neoplasia in various hospitals and cancer screening camps and found to detect cancer with an
accuracy of over 90% [70].

Fig 4. OncoDiagnoScope—Optical Spectroscopy based stand alone cancer screening tool
and (b) Vision Enhanced Module (VEM)- Imaging tool for real-time, non-contact and in-situ
imaging of fluorescence from human oral cavity [Refs 70,71].

The other point-of-care device (named Vision Enhancement Module) is a handy fluorescence
imaging tool (Fig 4b) for real-time, non-contact and in-situ imaging of fluorescence from human oral cavity
intended for improved visual assessment of the oral cavity [71]. Using this instrument, regions of oral lesions
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can be better identified against the healthy oral tissues based on their natural characteristics in response
to light. The method involves shining light from the light emitting diodes fitted in the instrument onto the
tissues in the oral cavity for inducing fluorescence in the native oral tissues. The fluorescence emitted from
the oral cavity, different for normal and abnormal oral tissues, is detected by a CCD camera to generate
two dimensional fluorescence spectral images. A Graphic User Interface (GUI) software developed and
integrated with this imaging tool enables automated acquisition and processing of tissue fluorescence images
for highlighting the difference in the fluorescence characteristics of the different oral tissue types. The system
was validated at hospitals on subjects enrolled for routine examination of their oral cavity and was found to
identify the lesions in the oral cavity with improved efficacy.

4 Conclusions

In this study, a review on the research being pursued on the application of various optical methods for
in-vivo clinical diagnosis of oral lesions was presented. The fluorescence and Raman are the two most widely
used optical spectroscopic techniques investigated for in-vivo clinical diagnosis of oral cancer. The findings
of the studies reported in literature reveal that although Raman spectroscopy allows for the most accurate
tissue classification as may be useful for clinical diagnosis of the pathological state of a lesion, fluorescence
spectroscopy being cost-effective holds promise for use in the applications such as routine or mass screening
of population having high risk of oral cancer occurrences. Further, the results presented add to the increasing
evidence that optical spectroscopy and imaging, though still a few years away from achieving its end goal of
being routinely used by doctors, is poised to follow through on its potential to provide real-time, noninvasive,
automated diagnosis of oral neoplasia in a clinical situation. Perhaps one of the most important requirements
that will lead to the applicability of optical techniques in a real-time diagnostic setting is one of independent
validation via large clinical trials. Although the inherent intra-patient as well as inter-patient variability in
the spectra is a limitation that confounds the development of diagnostic algorithms and thus implementation
of clinical trials, the development of new automated, robust, machine learning based diagnostic algorithms
suggest that, with enough data, this type of diagnosis will soon be possible. Early detection of oral cancer is
critical in patient care. Optical methods can serve as a tool which has the ability to provide the information
necessary to make a difference towards this process.
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Theranostics encompass aspects of diagnosis and therapy. Optical spectroscopy methods such as laser-induced-
fluorescence, FTIR, Raman and diffused reflectance spectroscopy are widely explored for this purpose. Raman
spectroscopy, amongst them, is better suited due to attributes such as sensitivity to biochemical composition, objective,
rapid, no external labeling/sample preparation, and most importantly in vivo/in situ on-line applications. Several groups
have actively been pursuing non-invasive (in vivo) and less/minimally invasive (body fluids/ exfoliated cells) Raman
spectroscopy approaches for theranostic applications in cancers. The present review provides an update of Raman
theranostics in oral and cervical cancers- most common cancers in the Indian context. © Anita Publications. All rights
reserved.

Keywords: Optical pathology, Disease diagnosis, in vivo Raman spectroscopy, Serum Raman spectroscopy, Raman
exfoliative cytology.

1 Introduction

Optical diagnostics, also often referred to as optical pathology, optical biopsy, spectral diagnosis,
spectromics, illustrate applications of spectroscopic and/or optical based methods in disease diagnosis. This
branch of research has been one of the highly attractive and actively pursued fields in biomedical applications
of spectroscopy and optical methods. Typically diseases are diagnosed by clinical examinations followed
by relevant biochemical/microbiological/pathological/imaging investigations. These approaches, which
rely on symptoms, diagnose an existing disease, often leading to poor prognosis. On the other hand early
stage diagnosis can give better prognosis — prevention is better than cure. Conventional cancer diagnosis
tools, histopathology/cytology, investigate morphological changes which are rather late signs. Hence early
diagnosis is extremely crucial, which would explore early events such as disease related biochemical changes.
In this context, optical spectroscopy methods,with attributes such as sensitivity to biochemical composition,
less time consuming, no external labeling or sample processing, more objective, and most importantly
feasible in vivo/in situ on-line diagnosis, are actively being pursued as potential alternatives/adjuncts. Laser-
induced-fluorescence, FTIR, FT-Raman and diffuse reflectance are most widely pursued optical methods.
Since, conventional-bulky instruments have limited scope of on-line applications, conscious efforts towards
development of portable, high-throughput instrumentation have been undertaken. These developments are
reflected in the steep rise of spectroscopy and imaging methods, multifaceted analytical tools, in industry and
research, especially in biomedical applications such as disease diagnosis and therapeutic monitoring .i.e.,
theranostics.
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Raman spectroscopy is a vibrational spectroscopy method based on inelastic scattering of light,
also known as Raman effect, discovered by Sir C V Raman after seminal experiments on scattering [ 1]. This
effect was discovered in the year 1928 for which Raman received the Nobel Prize in 1930. When a sample is
irradiated with intense monochromatic light, phenomena such as absorption, scattering and reflection occur.
Most of the scattered photons have the same frequency as that of the incident light (Rayleigh scattering),
while a small proportion are in-elastically scattered i.e. with a frequency different from the frequency of
incident photons; this phenomenon is termed as Raman Effect. When the frequency of the scattered light is
lower than the frequency of incident photon, the process is called Stokes shift. If the frequency of scattered
photon is higher than incident photon, the process is called Anti-Stokes shift. The energy difference between
the incident and scattered photon (Raman shift) is represented as wavenumber (cm™"). Energy level diagram
describing Raman scattering is shown in Fig 1.
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Fig 1. Energy level diagram illustrating Raman scattering

Raman scattering is an inherently weak process, only 1 in 10 million photons are Raman scattered.
Thus, sophisticated instrumentationi.e., powerful excitation source, high throughput spectrograph and sensitive
detection systems are a pre-requisite. The introduction of low-noise charged coupled device (CCD) detector
technology; highly efficient imaging spectrographs and compact semiconductor laser excitation sources
enabled extensive Raman spectroscopic applications in biomedical field. Typically Raman spectrometer
consists of an excitation source (laser), beam steering optics/fiberprobes and dispersion+detection devices
(spectrograph+CCD). Typical schematic and pictograph of Fiberoptic Raman spectroscope is shown in Fig
2. Figure 3 depicts photographic presentation of Fiberoptic Raman spectroscope for in vivo applications in
head and neck and cervical cancers. Figure 4 is pictographic illustration of fiberoptic Raman microprobe for
minimally invasive (body fluids and exfoliated cells) applications.

Also several variants of Raman spectroscopy are being developed for wider applications and to
overcome the issue of low Raman signal, which includes- Raman microscopy and imaging, resonance
Raman spectroscopy (RRS), surface-enhanced Raman spectroscopy (SERS), drop-coating deposition Raman
(DCDR) and coherent anti-Stokes Raman spectroscopy (CARS).
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Fig 2. (a) Schematic and (b) pictographic presentation of Table top fiber optic Raman
Spectroscope

Data analysis is very crucial and integral part of spectroscopy based biomedical applications to
achieve objectivity and quantitative diagnosis that is one of the major attributes of optical methods. In view
of complexity of the biological systems and vast data involved, multivariate analyses are more suitable.
Multivariate analyses bring out stratification in apparently similar patterns and identify independent test
data. Multivariate analysis can be unsupervised where no prior information is needed which are often used
for data reduction and to obtain trends in data. Supervised methods enable to predict the association of new
variables based on training sets provided. These methods may have more relevance from the clinical utility
point of view, wherein clinician can make a decision by comparing spectra with available spectral library of



90 C Murali Krishna

pathological conditions. References 2 and 3 provide topical reviews on role of multivariate tools in clinical
diagnosis by optical spectroscopy methods. Schematic representation of typical protocol for data analysis is
shown in Fig 5.

(b)

Fig 3. In-vivo Raman spectroscope for (a) oral and (b) cervical cancer applications

Biomedical applications of Raman spectroscopy in early diagnosis of disease and in therapy
monitoring have been the focus of recent intensive investigations. Same is also evident from numerous
topical reviews, including a dedicated volume of Chemical Society Review, (Volume 45, 2016), besides our
own contributions in the form of reviews/chapters in books/e-books in recent times [4-12]. Very recently,
reviews on head and neck and cervical cancers have appeared in the literature [9-12]. In the present review,
we shall focus on applications of Raman spectroscopy in theranostic applications of two of the most prevalent
cancers in India, i.e., oral cancers in males and cervical cancers in females.
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2 Raman spectroscopy in study of oral cancer

Oral cancers, a subtype of head and neck cancers, are cancers of the oral cavity. Lips, buccal mucosa,
the upper and lower alveolar ridges with their attached gingiva, the retromolar trigone, the hard palate, the
floor of the mouth, and the anterior two-thirds of the tongue majorly constitute the oral cavity. Oral cancers
can arise in any of these sub-sites. In the Indian sub-continent, cancers of buccal mucosa, tongue and lip
are most common | 13,14]. Oral cancers form a significant health burden in developing countries like India
where they account for over 30% of all cancers with 80,000 new cases reported each year [15,16]. Tobacco
(both smoking and smokeless) and alcohol are major etiological factors [17]. Visual inspection, followed by
biopsy and histopathology of suspicious lesions found during clinical examination is the gold standard for
diagnosis.

FirstRaman spectroscopy study on human oral frozen cancer biopsies was reported by Venkatakrishna
et al as early as in 2001 [18]. FT-Raman spectroscopy using a 1064-nm Nd:YAG laser system was explored
to discriminate between the normal and malignant oral cancer tissue sites based on the spectroscopic features
[19]. Subsequently Malini et a/ carried out an extended study to stratify normal, cancerous, precancerous and
inflammatory conditions. Typically, lipid rich features in normal and predominantly protein features in tumor
were reported [20]. Further, Deshmukh et al investigated the origin of these features and their study indicated
that loss of architecture in tumor tissues can be attributed to reduced lipid features in tumors with respect to
contralateral/non-tumorous tissues [21]. Singh and Krishna further evaluated these observations i.e., lipid to
protein variations by carrying out parallel Raman and biochemical evaluation on same set of specimen [22].

Success of ex vivo studies have led to subsequent noninvasive, real-time in vivo explorations. First,
in vivo studies have not only demonstrated feasibility of spectral acquisition from oral cancer patients in
clinically implementable time, but have also shown differentiation of malignant buccal mucosa lesions from
contralateral normal area with high sensitivity and specificity [23]. Subsequently, studies to detect oral pre-
malignant conditions were also carried out on 104 subjects, the findings of which demonstrated the potential
of Raman spectroscopy in differentiating healthy, normal, tumor and premalignant conditions. The same
group have also developed classification algorithms using the spectra acquired from multiple normal sites
and histopathology verified pre-cancer (OSMF and leukoplakia) and cancer lesions [24.,25]. The effect of
age-related physiological changes and their possible influence in classification of normal and pathological
conditions was also explored in this context [26]. In subsequent investigations, feasibility of detection of
malignancy-associated-changes (MAC)/cancer-field-effects (CFE) in oral cancer patients was evaluated.
Findings indicate differences between contralateral normal sites of tobacco and non-tobacco habitués.
Contralateral normal of non-habitué oral cancer subjects was distinct from healthy controls, suggesting
micro-architectural changes that characterize CFE could be detected using in vivo Raman spectroscopy [27].
Tobacco consumption induced changes in the in vivo Raman spectra of oral mucosa are also reported by
Krishna ef al [28]. Subsequently these authors have also reported differential diagnosis of oral malignant and
premalignant subjects using in vivo Raman spectroscopy [29]. Recent studies have also explored utility of
site-wise models in improvement of diagnostic sensitivity. A study by Krishna et al suggested clustering of
subsites within four major anatomical clusters based on spectral patterns- a) outer lip, and lip vermillion, b)
buccal mucosa c) hard palate d) dorsal, lateral and ventral tongue, and soft palate. Further, the authors also
suggested the use of anatomy-matched algorithms to increase discrimination between healthy and abnormal
conditions [30]. Another study has shown that, although the individual models gave better classification
efficiency, the pooled subsites gave reasonable sensitivity and specificity and can, therefore, be employed for
preliminary screening for normal versus abnormal changes in the oral cavity [10,31].

Raman spectroscopy was also explored to differentiate between tumor and healthy tissue as tumor-
positive resection margins present serious problem in oral cancer surgery [32-34]. As is well known oral
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cancer presents poor 5-year survival (50%) rates which are mainly attributed to cancer fields and subsequent
recurrences and second primaries. Presently, utility of Raman spectroscopy in predicting local recurrences
and secondary primaries are being explored [35,36]. A study on 90 subjects indicates feasibility of early
identification of recurrences and second primary lesions [36]. Thus, in vivo Raman spectroscopy can be used
as non-invasive, rapid and objective preliminary test during screening for oral pre-cancer and cancers, as well
as to predict potential recurrence/second cancers.

Despite advantages of the in vivo approach which are somewhat restricted due to need of a dedicated
instrument and stringent experimental conditions, it is pertinent to explore less invasive samples like saliva,
blood, urine and exfoliated cells to enable distance diagnosis [37]. In this context, a study has demonstrated
potential of serum Raman spectroscopy in differentiating serum from healthy and oral cancer subjects.
This pilot resonance Raman study exploiting effects of beta-carotene, yielded classification efficiency of
~78%. Cancers at different subsites, buccal mucosa and tongue, could also be stratified [38]. The utility of
NIR excitation in classifying normal and oral cancer samples was subsequently examined [39,40]. Further
evaluation on cohort of ~340 subjects showed differentiation of normal from all abnormal (oral cancer, pre-
cancer and cancer control) with comparable sensitivity and specificity (64% and 80%, respectively) to that
of mammography, Pap and fecal-occult-blood test (FOBT) [41]. Raman spectroscopy has been explored
to classify, using blood plasma, normal, premalignant (Oral Sub Mucous Fibrosis) and malignant (Oral
Squamous Cell Carcinoma) subjects [42]. This group also explored saliva to classify normal subjects from
patients with oral submucous fibrosis and oral squamous cell carcinoma [43]. Urine has also been explored
for oral cancer diagnosis. A recent study by Elumalai et al characterized metabolites of human urine of
normal subjects and oral cancer patients [44]. A subsequent study by same group reported the utility of high
wavenumber Raman spectroscopy, using urinary metabolites, in classifying oral malignant and premalignant
subjects [45].

A study on Raman spectra of nucleoli, nuclei and cytoplasm of SCC-4 (oral epithelial cancer cell
line) and DOK dysplastic (precancerous) cell line discriminated the precancerous and cancerous cell lines
[46]. Exfoliative cytology is a simple, rapid, and less invasive technique and well complied by the patients,
thus more suitable for routine application in population screening programs. Pap smear has proven to be very
successful in cervical cancer screening and reducing the cancer burden. A proof of concept study demonstrated
the feasibility of cell collection, spectral acquisition and identifying differences between healthy, pre-cancer
and tumor tissues [47-49]. Further, more rigorous evaluation of exfoliative cytology using normal and cancer
cytological smears of mouth and cervical cancers have also been reported [50].

In vivo Raman spectroscopy can be a potential tool in detection of local recurrences and secondary
primaries, which are known hurdles attributing to poor prognosis [35,36]. In a recent retrospective study,
serum Raman spectroscopy could differentiate between cohorts of patients with and without recurrence of
oral cancer [51]. A more recent study suggested feasibility of predicting prognosis using Raman exfoliative
cytology [52].

3 Raman Spectroscopy in study of cervical cancers

Cervical cancer is the third most frequent cancer among women worldwide and commonest female
cancer in developing countries, including India. Developing countries contribute more than 80% to global
cervical cancer burden [53]. Papanicolau test (Pap test), exfoliated cervical-vaginal cytology, is the workhorse
of cervical cancer screening. But it is besides laborious, less sensitive and prone to subjective errors which
demands stringent quality assurance. Other conventional screening technologies are HPV testing, liquid based
cytology, automated cervical screening tool and visual inspection of cervix after applying Lugol’s iodine
(VILI) or acetic acid (VIA). In a typical clinical practice, an abnormal Pap smear is followed by colposcopic
guided biopsies for confirmatory diagnosis. Despite histopathology examination of excised biopsies being
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the gold standard of diagnosis, current conventional screening/diagnosis tools are also known to suffer
from several disadvantages such as tedious sample processing, long output duration and the inter-observer
variability [54]. Therefore, conscious efforts are being made for the development of minimally invasive
and effective screening/diagnostic methodology that can probe the endogenous biomolecular properties of
cells/tissues for early cancer detection. These studies represent vital advancements towards more efficient
detection of cervical cancers.

Cervical Raman explorations are reported as early as in 1998 [55,56]. In 2006, first RS study on
ex vivo cervix tissues of Indian subjects demonstrated 99.5% sensitivity and specificity. It is observed that
Raman spectra of normal cervix tissue are characterized by strong, broad amide I, broader amide III and
strong peaks at 853 and 938 cm ™ attributable to structural protein like collagen. Malignant tissue spectra
exhibit relatively weaker and sharper amide I, minor red shift in 3CH, and sharper amide III suggesting
presence of DNA, lipids and non-collagenous proteins [57]. Several subsequent in vivo studies have
demonstrated utility of Raman spectroscopy on confounding factors of cervical cancer detection [58-60].
As cervical cancer subjects present with advanced stages (Stage IIA and above) in developing countries
like India, majority of cervix investigated spectroscopically are diseased and thus no normal cervix sites are
obtainable to acquire control spectra. It has been reported that variability due to menopausal status, hormonal
status, age and parity may induce bias, thus there is need for another internal control. It is also known that
composition of vagina and ecto-cervix are similar as they contain inner lining of squamous epithelial cells
thus vagina can serve as good internal control. Hence another study explored utility of vagina as an internal
control. In this study, in vivo Raman spectra from normal cervix, cancerous lesion and vaginal sites of 103
subjects were acquired. At the first step classification was demonstrated between normal and control groups
with efficiency of 98.5%. In the second step variations between the control groups, spectra of normal cervix,
vagina of normal subjects and vaginal sites of tumor subjects were investigated. The higher misclassification
is indicative of the biochemical similarities among these groups. The subsequent analysis exhibited high
classification among the clusters belonging to tumor and control spectra, whereas spectra from normal cervix,
vagina, once again, exhibited very high overlap. Higher misclassifications between normal cervix and vagina
once again suggest similarities between the biochemical compositions, thereby indicating that vagina can be
used as internal control [61,62]. This approach could be helpful to circumvent inter-patient variability due to
menopausal status, hormonal status; age, parity as well as it could be useful, especially in screening camps
where colposcopy may not be available. In another study, sensitivity and specificity of two in vivo modalities,
that is diffuse reflectance spectroscopy (DRS) and Raman spectroscopy (RS), were compared by utilizing
spectra recorded from the same sites. Even though DRS revealed slightly lower diagnostic accuracies, owing
to its lower cost and portability, it was found to be more suited for cervical cancer screening in low resource
settings. On the other hand, RS based devices could be ideal for screening patients with centralized facilities
in developing countries [63]. Confocal Raman spectroscopy in detection of cervical cancers and precancers
have also been reported [64].

Cervical exfoliative cytology, Pap smear, is the workhorse of cervical cancer screening. Hence, it is
quite natural to explore Raman exfoliative cytology in cervical cancers [11,65,66]. A study could distinguish
normal and abnormal exfoliated specimens with 86% and 84% classification efficiencies, respectively.
However, major concern was the presence of blood in abnormal specimen, which can be a serious confounding
factor as bleeding also occurs in several non-cancerous conditions. Further studies on Red Blood Corpuscles
(RBC) lysis- buffer -treated specimens also gave classification efficiency of about 79% and 78% for normal
and abnormal smears, respectively. Therefore, indicating efficacy of RS in classifying normal and abnormal
exfoliated specimens in both treated and untreated conditions [11,66]. One of the known etiological factors
of cervical cancer has been HPV infections and Raman spectroscopy been shown to differentiate HPV+ and
—cells [11,67].
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Approximately 80% of cervical cancer patients approach clinics at advanced stages (stage IIA and
above) in developing countries like India. Accordingly, five year disease free survival rate of less than 60%
are generally reported for these cancers. Concurrent chemoradiotherapy (CCRT) is the choice of treatment
for stage IIA and other locally advanced tumors. Radiation resistance is a serious hurdle in CCRT and there
are no other methods to predict tumor response at early stages of treatment regimen. Hence, efforts are also
made towards development of new method which is objective, rapid and preferably noninvasive. Vibrational
micro-spectroscopic studies on formalin-fixed malignant cervix tissue sections has demonstrated feasibility
of classifying formalin-fixed tumor tissues which were collected before and 24 h after patient was exposed to
2nd fraction (2RT) of CCRT. It was observed that classification between normal, pre- and post-RT biopsies
could be achieved, since all subjects accrued in the study were complete responders, no conclusion on
prediction of treatment response could be drawn [68]. Subsequent investigations on cervix biopsies, before
and after 2" radiation fraction of CCRT, and PCA post-CCRT spectra could classify responding (complete
and partial response) and non-responding conditions. But untreated tumor spectra failed to provide any
classification based tumor response to CCRT [69]. 5RT and 10 RT i.e. tissue collected after 5™ fraction
and 10" fraction of radiation treatment were explored and pattern of classification has been same as 2RT,
described above [70]. Another pilot study based on 42 tissues using fiber-optic based Raman setup, with an
outlook for an in vivo approach demonstrated that normal tissue can be efficiently classified from pre and
post treated tumor biopsies and PCA of complete responder, partial responder and non-responder showed
the tendency of classification [71]. The results of this study further support the feasibility of prospective
noninvasive in vivo Raman spectroscopy in tumor radio response.

One of the major advancement of Raman applications was the successful transition to in vivo from
ex vivo biopsy based Raman methods. As one can expect, initial biopsy based exploration were carried out
to verify feasibility of discriminating between healthy and pathological conditions (tumor, pre-tumor tissues
and inflammations). These successful explorations lead to in vivo approaches. For this transition several
adaptations and improvisation on instrumentation, such as miniaturization, fiber probes for excitation and
collection, most importantly high throughput detection/spectrograph were made for subject convenience and
compliance, especially to reduce the spectral acquisition time. Our Raman spectroscopy studies, and also
by many other groups across the globe, both non-invasive (on subjects) and minimally invasive (serum/
exfoliated cells) clearly demonstrated utility of these technologies in cancer diagnosis and therapeutic
monitoring. Despite advancements and large volume of studies, few further fine-tuning measures for more
user friendly, transportability across different platforms, and further refinement of data acquisition in case of
minimally invasive methods are to be implemented before routine clinical applications.
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In recent years, Raman spectroscopy has been suggested and validated as a potential tool for non-invasive and near
real-time diagnosis of various tissue abnormalities. Despite its usefulness in certain situations, a major shortcoming
of its conventional experimental configuration is that the measured Raman signal at a given point on the surface of
an interrogated tissue is volume-integrated (over the sub-surface depths) and therefore, it does not contain the desired
information of the sub-surface tissue layers having different Raman characteristics. Measurement of depth-wise Raman
signal is important because it can provide the layer-specific biochemical (and morphological) information of a given
tissue required for complete tissue analysis. A brief overview of the existing as well as a few novel methods reported
recently for measuring depth-dependent Raman signatures in layered turbid media like biological tissues is presented
in this article. © Anita Publications. All rights reserved.

Keywords: Depth-sensitive Raman spectroscopy, Layered tissues, Confocal Raman, Off-confocal Raman spectroscopy,
Spatially-offset Raman spectroscopy, Cone-shell Raman spectroscopy, Inverse SORS

1 Introduction

Raman spectroscopy has drawn considerable attention in recent years as a promising tool for disease
diagnosis [1-8]. Its major attraction comes from its ability to discern biochemical make up of a tissue in a
minimally invasive or non-invasive manner [ 1,5-7, 9,10]. It probes the vibrational energy levels of a molecule
and the specific peaks in the Raman spectrum correspond to particular chemical bonds or bond groups of
the various bio-molecules constituting the tissue [2-3]. As the tissue transforms from normal to diseased, its
overall biochemical make up changes, and these changes are manifested in the measured Raman spectra |3,
6, 9.10]. Typically, for recording a Raman spectrum, the target tissue is illuminated by a laser of appropriate
wavelength and the Raman signal back-scattered from it is detected using a Raman spectrometer [2,3,6,11-
13]. Though, this kind of conventional measurement has been shown to be useful in certain situations, its
major shortcoming is that it obtains information only from the surface of a tissue. However, the majority of
biological tissues are known to have sub-surface layers, with different layers having different biochemical
and morphological make-up. Further, the morphological and biochemical changes, that these sub-surface
layers undergo as tissue transforms from normal to diseased, are also believed to be quite different from that
of the surface [14-16]. Consequently, the resulting changes in the optical properties that get manifested in
the Raman signatures of the surface and the sub-surface tissue layers are not expected to be the same. Since
in the conventional approach, the measured Raman signal at a given point on the surface of an interrogated
tissue is volume integrated (over the sub-surface depths), it does not contain the desired information of the
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sub-surface tissue layers having different Raman characteristics. Measurement of depth-wise Raman signal
is important because it can help in complete tissue analysis by providing the layer-specific biochemical (and
morphological) information of the tissue being interrogated. Therefore, recently, there is a significant surge
of interest in excogitating ways for depth-sensitive measurements of the Raman signatures originating from
different layers of a biological tissue [17-22].

2 Background

The knowledge of light propagation in a biological tissue is an important prerequisite not only for
understanding the principles underlying various depth-sensitive Raman spectroscopic techniques, but also in
selecting the one that is most appropriate for a given tissue-application.

Transmitted
photons
Incident =>» Ballistic
photons = Snake
— Diffused

Fig 1. Light propagation in a tissue like turbid medium

A typical scheme of light propagation in a turbid medium, like biological tissue, is shown in Fig 1.
Based on the trajectories followed by incident photons, the photons can be grouped into three categories:
ballistic, snake and diffused [23,24]. The ballistic photons are not influenced by the scattering centres of the
medium and maintain their identity and directionality while leaving the medium. The snake photons are the
ones which are scattered from few scattering centres (~1-5) and partially retain their directionality. Further,
the diffused photons are the ones which undergo multiple scattering (with number of scattering events >10)
and completely lose their identity as well as the directionality while leaving the medium. On a time-scale,
ballistic photons come out (of the tissue) first, and then the snake, and, lastly, the diffused.

With the use of one or the other category of Raman photons available for detection, a variety
of techniques of varying rigor [13,19-22,25-28] have been proposed for disentangling the Raman signals
generated from different tissue layers. Of these, the techniques based on confocal and spatially-offset Raman
detection are the ones which have been widely researched for biomedical applications because of their
suitability for use in biological samples [19-22]. While the former seeks to measure the un-scattered or
the ballistic Raman photons in the vicinity of illumination, the later measures the diffused Raman photons
generated (out of multiple scattering) away from the point of illumination. This fundamental difference in
their underlying principles sets two different limits on the sub-surface depth that these techniques can probe.
For example, while confocal detection is suitable only for depths ranging from several tens to a few hundreds
of micrometers (i.e. shallow depths), the spatially-offset Raman detection allows probing the depths up to
several mm (i.e. deeper layers). However, the signal-to-noise ratio (SNR) of the measured Raman signal gets
quickly downgraded while probing such larger depths.

3 Principles of confocal and spatially-offset Raman detection

In confocal detection, the point of illumination (i.e. the focus of the incident light) on the (layered)
sample is imaged onto the detector, through a pinhole placed in front of the detector [24,25,29,30]. The
underlying principle of such detection can be understood from the figure shown in Fig 2. A laser beam is
focused tightly on a plane, F1, at a point, a, by using a microscope objective lens (L1) of high numerical
aperture (NA). This point is imaged (path shown in red colour) at point, a’, on plane, P1, through another
objective lens, L2. In other words, the Raman signal originating from the point, @, will be available for the
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detection at the point, a’. Since a focused Gaussian beam has certain axial spread (or Rayleigh range) over
which the intensity reduces to half of its maximum intensity, Raman signal will also be originated from
another point, b, lying on plane, F2. On tracing the ray diagram for this point (shown in violet colour), one
may observe that this Raman signal will efficiently be detected at point, b’ lying on plane, P2. If a pinhole of
appropriate size (> size of image point, a’, on plane, P1 and < size of image point, b’ on plane, P1) is placed
on the plane, P1 with its centre being at a’, a significant fraction of the Raman signal originated from the
point, b can be rejected i.e. the Raman signal corresponding to the focal point of the incident light, is only
collected by the detector.

Fig 2. Schematic showing the principle of confocal detection

For depth-sensitive measurements, the pinhole is kept fixed in its original plane and the incident
laser light is focused on different sample-planes (e.g. F1, F2 etc.) of the target tissue by varying the separation
between the lens, L1 and the tissue surface. For each sample-plane, the Raman signals generated from the
out-of-focus planes are rejected by the pinhole. The degree of rejection, which decides the depth resolution,
is primarily determined by NA of the lens, L1, and the size of the pinhole used. In practice, the NA is kept as
high as possible to create a focal point of least diameter. Further, a pinhole of smaller size efficiently rejects
the signals corresponding to out-of-focus planes. However, it sharply decreases the SNR of the measured
Raman signal and therefore, in practice, there is a trade-off between the size of the pinhole and SNR.
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Fig 3. Schematic showing the SDS principle

In the spatially-offset detection technique, also called source-detector separation (SDS), Raman
spectra are collected from those points (lying on the surface of the tissue) which are spatially away from the
illumination point [17,21,22]. A schematic to understand the SDS principle is shown in Fig 3. The schematic
is a derived form of the Fig 1, with the assumption that all the Raman scattered photons leave the sample from
its surface only. This assumption holds good for a semi-infinite turbid medium. In such case, deeper born
Raman photons traverse larger distances and on their way they diffuse sideways to a greater extent than the
Raman photons originating from shallower layers [ 17,21-22]. This aspect is depicted in the figure by showing
trajectories of the photons corresponding to three different collections. Among the three collections, the
Raman signal measured by ‘collection-3’ will contain the majority of Raman photons originated in the third
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layer of the sample. It is, therefore, the set of Raman spectra obtained at varying spatial separation from the
point of illumination contains different relative contributions of Raman signal from layers located at different
depths within the sample. This concept has been shown using an experiment carried out with spatially-offset
Raman spectroscopy (SORS) [17], one of the techniques based on the SDS principle.

In practice, the spatially-offset Raman detection is generally implemented with fiber-optic probes
wherein multiple fibers (with a pre-fixed spatial separation between the fibers) are either arranged in a linear
array with the illumination fiber at either of its ends, or in concentric circular arrays with the central fiber
providing illumination. The circular configuration (see Fig 4a) is usually preferred over the linear configuration
because of its ability of providing increased signal strength or improved SNR. However, a major limitation
of such configuration is that it monitors the Raman signal from sub-surface depths in a discrete manner.
This difficulty can be overcome by using an inverse SORS scheme [31,32] which provides the same set of
information as the SORS gives, but with interchanged positions of the illumination and collection points
through the use of illumination rings of varying radii and collection of Raman signal from the centre of these
rings (see Fig 4b).

(a) Direct (b) Inverse

Collection
zone

Ilumination /’

rone
Fig 4. Two basic schemes of spatially-offset detection (a) direct and (b) inverse

In the inverse scheme, the probing depths can be varied in a continuous manner by simply varying
the radii of the illumination rings formed using an axicon lens [31,32]. The other important advantage of
this scheme is that the SNR is found to be fairly good even at larger offsets (i.e. larger depths) and with a
reasonable integration time (1-5 s). This is possible because of the ring illumination which leads to a much
larger number of Raman photons that can diffuse through before being detected as compared to the point-
illumination where the corresponding number of photons is expected to be much less. Further, availability of
a wider illumination zone on the sample surface allows for interrogation of samples at a lower power density
thereby reducing any adverse effects due to sample heating [21,22,31,32]. This is particularly beneficial
when probing biological tissues in-vivo where safe illumination intensity levels are required to be adhered to.

4 Depth-sensitive Raman spectroscopy for biomedical applications

Over the years, there has been concerted efforts in using depth-sensitive Raman spectroscopy for a
variety of biomedical applications. A brief overview of some of the representative studies is presented in the
following to indicate the present State-of-the-Art of depth-sensitive Raman spectroscopy for tissue analysis.

Confocal Raman spectroscopy (CRS) being one of the most popular techniques has been used
in widespread arcas. However, in the present review some of the representative studies involving only
biomedical applications are being discussed. Puppels ef al [33] were the first who studied single living cells
and chromosomes with a confocal Raman instrument. They also employed their instrument for measuring
Raman spectra of nuclei and cytoplasmic regions of single living human granulocytes [34]. Caspers et a/
[35] obtained depth resolved information about the molecular composition of human skin by measuring
in-vivo confocal Raman spectra. Later, they showed that the same technique could be used in determining
water concentration in stratum corneum as a function of distance to the skin surface [36]. In recent years,
the confocal detection has also been used for diagnosing human tissues in-vivo. For example, Choi ef al [37]
applied the technique in ten patients having one of the most common skin cancers i.e. basal cell carcinoma
(BCC), and stated that the differences between normal and BCC tissues were found mainly in the Raman
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bands corresponding to amide-I. Chad A Lieber and his co-workers at Vanderbilt University, Tennessee
investigated the potential use of confocal Raman in differentiating normal and malignant skin lesions obtained
from 39 patients [38,39]. Raman spectra were measured from a depth of ~100 pm, at 20 um intervals. The
discrimination analysis between different tissue pathological states resulted in a sensitivity and specificity
of 100%. The potential of confocal Raman detection as an alternate of histopathological examination was
also explored. In histopathology, high-resolution images (acquired with a white light microscope) of cellular
and sub-cellular structures of properly pre-processed and appropriately stained tissue sections obtained by
microtomy from formalin-fixed and paraffin-embedded (FFPE) tissue blocks are analysed [40,41]. In such
analyses, the diagnosis depends on the expert interpretation that suffers from both human as well as sampling
errors [7]. This is a concern in the context of the tumors that are a typical or lack morphological features
useful for differential diagnosis. In order to overcome such difficulties, the confocal Raman detection was
used for cancer diagnosis using FFPE tissue sections of various organs like cervix [42-44], ovary [45],
skin [46] etc. However, a common major hurdle reported in all such studies is the orders of magnitude
stronger paraffin Raman signal which swamped the rather weak tissue Raman signal. For faithful retrieval
of the tissue Raman signatures from the measured Raman spectra of the FFPE tissue sections, mainly two
approaches have been used, the chemical de-paraffinization [42.45] and the mathematical de-paraffinization
[43.46-49]. However, both the approaches consume a significant amount of time and require a large number
of spectral measurements. Further, these approaches were also destructive due to the requirement of thin
tissue sections (~5-10 pm) acquired from intact FFPE tissue blocks. In order to remove these difficulties,
our group at RRCAT (Raja Ramanna Centre for Advanced Technology), Indore, India, carried out a study
[50] in which intact FFPE blocks of breast tissues were analyzed using CRS. The measured CRS spectra,
highly contaminated with paraffin Raman signal, were de-paraffinized for retrieving the characteristic Raman
signatures of the embedded tissues using scaled-subtraction, a non-statistical method of mathematical de-
praffinization. The differences observed between the so obtained Raman spectra of normal and cancerous
breast tissues were quantified using multivariate statistical analyses. Confocal Raman spectroscopy was
also integrated with confocal microscopy for obtaining molecular composition with high spatial resolution
and optical sections without physically dissecting the tissue [51]. Such integrated systems provide both
biochemical and morphological information of a given tissue state and therefore improves the diagnostic
feedback. We at RRCAT, Indore also developed two such integrated systems. In these systems we combined
optical coherence tomography (OCT) with confocal Raman [20], and confocal fluorescence spectroscopy
[52] for characterizing layered tissues; morphologically as well as biochemically. Recently, the confocal
Raman technique has also been used in the detection of nasopharyngeal cancer [53].

Despite the fact that the confocal Raman detection has been reported by various researchers for
non-invasive characterization of biological tissues of various pathologies, the number of published papers
available on the development of clinically acceptable confocal Raman systems is only a few. Chad A Lieber
at Vanderbilt University, Tennessee, was the first who developed a handheld Raman probe cum spectrometer
for clinical dermatologic applications [54]. A microscope objective lens of NA = 0.35 with the feature of
automatic positioning (resolution=<0.1 um) was used for focusing the light onto skin surface. Such translation
allowed the control of focal depth within the sample and thus enabled depth-sensitive measurements. In a
recent publication, Agenant et al [55] reported development of a clinical superficial Raman probe based on
the confocal detection with a phantom model.

Besides the CRS’s biomedical applications, few researchers focused also on the performance of
the CRS instrument. Depth resolution is the most important parameter while showing the usefulness of a
CRS instrument for optically separating various sub-surface layers of a given tissue [30]. This parameter is
primarily determined by NA of the focusing lens and the pinhole used for rejecting out-of-focus photons.
Neil J Everall at Wilton Research Centre, UK elaborated this parameter in detail and explained its actual
interpretation [25,26,56]. He suggested that for obtaining a resolution close to the theoretically estimated
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value, the objective lens should be overfilled and free from spherical aberration. In order to overcome the
spherical aberration, use of an oil-immersion objective lens was recommended [25,26]. However, in some
cases, the oil used as an index-matching fluid caused swelling or dissolution by interacting with the sample
[25]. Tomba et al [57] overcame this issue by introducing a thin polymer film as a barrier between the oil
and the sample. Further, it was also suggested that one must specify the experimental conditions under which
the resolution was calculated. Neil J Everall showed that the working resolution of an instrument is highly
sample dependent and therefore, should not be considered as a unique characteristic for a given instrument
[25.,26]. For example, for a thin substrate where the contribution of photons from the out-of-focus regions is
minimum, one can get a good working resolution even with a low NA metallurgical objective lens. In case of
a sufficiently thick substrate, a large number of out-of-focus photons cause a decreased resolution. According
to Tabaksblat ef a/ [29], the percentage of out-of-focus photons can be >50%.

In contrast to the confocal detection, depth resolution is not a crucial parameter for the techniques
based on the SDS principle and therefore, the performances of such techniques are not judged by their
resolutions. However, maximum probing depth, ease of obtaining the SDS effect, SNR of the measured
Raman signals etc. are some of the important factors which should be carefully considered during the
development of a depth-sensitive Raman technique based on the SDS principle. In Raman spectroscopy, first
depth-sensitive Raman configuration based on the SDS principle was demonstrated by Pavel Matousek and
named SORS [17]. In recent years, several sister variants of SORS such as inverse SORS [31], defocused
SORS [58] etc. have been proposed. The basic scheme of the inverse SORS has already been shown in Fig
4. In defocused SORS, the illumination beam forms a defocused spot on the sample surface with the focus
of the beam lying somewhere beneath the surface. However, such defocused arrangement could not show
its potential in biological applications due to its inability of acquiring Raman signatures from the samples of
low Raman cross-sections like biological tissue. Recently, efforts have also been made to implement SORS
with offsets of a few tens of micrometers instead of a few millimeters normally used in conventional SORS
[59,60]. Such variant, known as u-SORS, has drawn considerable attention for non-destructive analysis of
comparatively thinner (few tens of micrometers) sub-surface layers in a highly turbid medium. In this variant,
both the illumination and collection zones on the sample surface are defocused by moving either the sample
away from the microscope objective lens or the lens away from the sample [60]. Most recently, a latest
version of u-SORS with complete separation between the illumination and collection zones on the sample
surface (named full p-SORS) has also appeared in the literature [61]. A comparison was made between the
pu-SORS (also known as defocused p-SORS) and the full p-SORS by theoretically estimating the various
parameters like depth selectivity, relative enhancement of sub-layer Raman signal etc. employing Monte
Carlo (MC) simulations, and it was found that full p-SORS outperformed p-SORS [61].

The two main biomedical applications of the SORS technique include, non-invasive probing of
bones through overlaying soft tissue [ 19, 62,63 ] and the detection of tumors beneath the normal human breast
tissues [64,65]. Matthew V Schulmerich and co-workers at University of Michigan, USA acquired the first
transcutaneous Raman spectra of bones [62]. They successfully measured the Raman spectra of chicken tibia
through a overlaying soft tissue (thickness = 4 mm) and estimated ratio of the intensities of Raman bands
of phosphate (~958 cm™) and carbonate (~1070 cm™") with a good accuracy. The calculation of the ratio of
the intensities of these two bands is important since it is altered in osteoporosis, a terrible disease of bone
fracturing [66]. In an independent study, Matousek ez a/ [ 19] demonstrated the feasibility of measuring SORS
spectra of human bone in-vivo with a laser power of 2 mW, much below the threshold for the safe illumination
of skin. Recently, a more detailed analytical study in 32 anesthetized mice has also been performed using the
SORS scheme [63]. Non-invasive diagnosis of breast cancer is another important application area of SORS
and was first explored by Matthew D Keller and co-workers at Vanderbilt University, Tennessee, USA [64].
The researchers developed a Monte Carlo code for evaluating SORS in soft tissues (e.g. breast) and compared
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the findings with the experimental results [65]. Different tissue geometries were adopted in order to predict
the SORS signal with varying sizes of normal and tumor layer. The results showed that using a spatial offset
of up to 3.75 mm, it was possible to detect not only sub-millimeter-thick tumors under a 1 mm normal layer,
but also tumors at least 1 mm thick under a 2 mm normal layer.

In all the above mentioned studies carried out using SORS, an important common observation was
that the surface and sub-surface Raman-active materials comprising the layered samples investigated had
marginal differences in their Raman cross-sections. We at RRCAT, Indore, India carried out a study using
inverse SORS scheme on samples comprising a low Raman-active turbid material buried inside a diffusely
scattering matrix of significantly higher Raman cross-section [67]. To perform the study, paraffin sandwiched
tissue (PST) blocks were prepared by embedding biological tissue sections in solid paraffin blocks and the
inverse SORS spectra were measured for recovering the weak Raman signatures of the low Raman-active
tissue from the background of a significantly stronger paraffin Raman. The effect of the thickness of the
subsurface (i.e. tissue) and the surface layers (i.e. paraffin) as well as the turbidity of the surface layer on the
efficacy of inverse SORS to efficiently recover the weak sub-surface Raman signatures was systematically
investigated. The results suggested that unlike in the cases (when the difference in the Raman signal strengths
between the surface and the sub-surface is marginal) where SORS can probe a sub-surface diffusely scattering
Raman active sample through several millimetres of depth inside another Raman active turbid medium, the
probing depth gets considerably reduced (~a few mm) for the case where the Raman signal of the sub-surface
layer is significantly lower as compared to that of the layer overlaying it.

Besides the above mentioned applications, the measurement of glucose concentration in human
tissues was also performed by using a novel concept of SE-SORS (Surface enhanced SORS). The concept
was developed by combining the high sensitivity of surface enhanced Raman spectroscopy (SERS) in trace
concentration detection with the high depth-sensitivity of SORS [68]. In this experiment, depth-sensitive
Raman spectra were recorded from a SERS implant localized under skin. In an independent study, SE-SORS
was used to estimate low concentrations of glucose (<80 mg/dl) with a root-mean-square error of prediction
(RMSEP) of 13.7 mg/dl [69]. More recently, the same concept was also employed in multiplexed imaging of
tissue [70]. Multiplexed SERS signals from four different ‘flavours’ of nano-particles were recovered from a
depth of ~20 mm in tissues. The recovered spectra were then reconstructed using the unique peak intensities
of each of the nano-particles to produce false colour image.

In recent years, there has been a considerable interest in developing clinically acceptable Raman
spectroscopic probes using the SORS concept. For example, Schulmerich et al [71] developed a fiber-optic
Raman probe and used it in rat tibia for obtaining Raman signatures of bone beneath the muscle tissue. They
used an axicon lens for distributing the laser power in an annulus region surrounding the field of view of a
circular array of 50 collection fibers. They also slightly modified the developed Raman probe for recording
the Raman spectra of Murine bone in-vivo [63]. More recently, Keller et al [ 18] developed a fiber-optic SORS
probe and used it in cancer tissues of breast pathology to assess its ability in evaluating surgical margin status.
The developed probe has a single illumination fiber of core 400 um and four different rings (not concentric)
having a group of identical collection fibers (core diameter = 300 pm). A probabilistic classification scheme
was used to classify the measured spectra as “negative” or “positive” margins and the discrimination results
were obtained with a sensitivity and specificity of 95% and 100%, respectively.

In addition to the two widely used depth-sensitive schemes of Raman measurement, a few other
schemes have also been reported for depth-sensitive Raman measurements from the tissue like turbid media.
For example, one such scheme is based on angled excitation-collection (AEC) [72,73]. In AEC, the excitation
(or illumination) is done via normal incidence and the collection is performed by an angled path with respect
to the normal of the sample surface. As the obliquely incident light travels mostly in the superficial layers
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Fig 5. (a) Basic principle of PRS (b) Geometrical sketch showing the CSRS principle.

and the light with normal incidence penetrates comparatively deeper in the sub-surface regions, by varying
the angle between the two channel paths, one can obtain the variations in the relative intensities of different
peaks belonging to different sub-surface layers. However, the major shortcomings of AEC were its inability
to probe deeper (>300 um) and the poor SNR of the measured Raman signal because of its inadequacy in
filtering out the diffusely scattered photons [72-74]. Polarized Raman spectroscopy (PRS) is another scheme
that has been investigated for depth-sensitive measurements [28]. The underlying principle is that the light
collected from the surface layer partially retains its initial polarization, whereas the scattered or emitted light
from the sub-surface regions is completely depolarized due to multiple scattering. Figure (5a) displays the
basic principle of PRS measurement. The first experimental demonstration of this principle using polarized
fluorescence spectroscopy was made by our group at RRCAT, Indore [75]. Smith et al [28] revisited this
scheme and applied it in Raman spectroscopy. An advantage offered by polarized Raman spectroscopy is
that it provides information about molecular orientation and symmetry of the vibrating bonds. However,
the major limitation is that there is a rapid degradation in the SNR of the measured Raman signal as one
probes deeper. The phenomena of total internal reflection (TIR) can also be used for depth-sensitive Raman
[76] measurements. In this scheme, the depth-sensitive Raman spectra can be obtained by varying the angle
of the incident laser beam. Although, the scheme offers excellent depth resolution (~100 nm), it has been
almost rejected, particularly in biomedical applications, due to complex instrumentation with bulky optics
and the other stringent requirements like selection and optimization of an internal reflection element (IRE)
etc. Further, the technique also fails to probe depths beyond 20 pum [76]. Kerr-gated or ultrafast temporal
gating [27] may also be another technique; however, it is not suited for biomedical applications owing to the
involvement of intense laser pulses. Recently, a scheme based on cone-shell illumination and cone collection
has been proposed by Ong et al [77] in order to probe the sub-surface depths which otherwise could not
be reached using confocal configuration. Though the instrumentation had novelty, there was no validation
found in biological tissues. We demonstrated a similar concept in layered biological tissues and configured
it with Raman spectroscopy which allows a more detailed molecular analysis of biological tissues [78].
The technique, named cone-shell Raman spectroscopy (CSRS), employs the configuration of cone-shell
excitation and cone detection for the measurement of depth-sensitive Raman signal. A ray diagram depicting
the principle of CSRS is shown in Fig 5b. Here, three identical axicon lenses are used and by varying the
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separation between the two axicons (Axicon-1 and Axicon-2 in Fig 5b) the focus of the illumination beam
can be moved into different sub-surface depths of the layered target sample allowing depth-sensitive Raman
measurements. Using this approach, Raman signal from a depth of up to few mm (~2.5 mm) beneath the
surface could be measured. A comparison between CSRS and SORS revealed that while the former gave
better depth separation, the later was more useful in deeper probing [78].

| Multi-mode

Lens fiber

Fig 6. Schematic showing the generation of a ring-shaped illumination beam through a multi-mode fiber

Most recently, two new variants of depth-sensitive Raman spectroscopy have also been
reported by our group at RRCAT. The first is off-confocal Raman spectroscopy (OCRS) [79] which uses the
experimental configuration of a confocal Raman, but employs off-confocal Raman detection for sub-surface
interrogation of layered tissues. In OCRS, the subsurface depths in a layered turbid sample can be investigated
using the concept of varying Raman collection zones, while keeping the point of illumination fixed on the
surface of the target sample. This can be accomplished by moving the tip of the Raman detection fiber
(acting as the pinhole aperture) from the focus of the Raman collection objective either by taking the point of
detection away from the objective (along its axis) or bringing it closer to the objective (along the same axis).
An important attraction of the technique is that it can be used for analyzing layered turbid samples at depths
beyond the reach of the conventional confocal Raman, though not at the cost of any further modifications
in its instrumentation. Further, it does not require any adjustment in the sample arm of the system and the
illumination light remains fixed on the sample surface thereby providing an effective illumination. The ability
of the OCRS approach to recover Raman spectra of the subsurface layers was demonstrated using a layered
non-biological phantom and a biological tissue sample [79]. The other depth-sensitive Raman spectroscopic
technique proposed by us is a fiber-optic version of inverse SORS [80]. The approach eliminates the need of
an axicon lens, and uses ring illumination and point collection through two multi-mode optical fibers. The
ring shaped illumination is generated with a multi-mode fiber (lying in the source arm of the experimental
set-up) kept at non-zero angle with respect to the axis of the lens used for focusing the laser light onto its tip
(shown in Fig 6). On varying this angle, the Raman illumination beam is incident onto the sample surface
in the form of concentric illumination rings of varying radii. The back-scattered Raman light exiting the
sample surface at the centre of the concentric rings is then collected for detection. The ability of the system
to measure Raman spectra of the subsurface layers was demonstrated using layered non-biological phantoms
and biological tissues [80]. An important advantage of this approach is that unlike the classical experimental
configuration of inverse SORS, it does not require physical movement of any of the optical components
for generating spatial offsets needed for probing sub-surface depths. Another advantage is its fiber-optic
configuration which is ideally suited for designing a compact and pencil-sized inverse SORS probe, an
important requirement for in-vivo tissue analysis in a clinical setting.
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5 Conclusions

The studies presented in this article add to the growing body of evidences that depth-sensitive
Raman spectroscopy, though still a few years away from achieving its end goal of being routinely used as an
analytical tool, is poised to follow through on its potential to provide real-time, non-invasive and automated
probing of sub-surface depths in layered turbid media like biological tissues. Perhaps the important task
ahead, which can lead to the applicability of this approach in a practical setting, is to implement it into
portable instruments suitable for field use. Given the complexities of the experimental configurations for
the different depth-sensitive techniques reported in literature, the challenges are expected to be different.
However, efforts are being made in overcoming these challenges and making field deployable depth-sensitive
Raman systems. Last but not least, depth-sensitive configurations of other spectroscopic techniques like
fluorescence and diffuse reflectance should also be developed. The availability of miniaturized spectrometers
will help in developing compact and portable depth-sensitive optical spectroscopic tools for in-vivo tissue
applications.
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Quantitative optical spectroscopy is emerging as an alternate automatic tool to augment current histopathological
examinations. Majority of light-tissue interaction simulations used to realize this is based on the Monte Carlo approach,
at the expense of substantial computational time. Here, we present an alternative approach for the purpose, using
finite element modeling (FEM) and demonstrate the use of the same in the quantitative assessment of changes in skin
melanin content. The skin melanin concentration is calculated using reflectance at a source to detector separation (SDS)
of 750um using two different wavelengths, where the effects from other skin constituents are found either static or
negligible during simulations. Modeling of multilayer skin tissues were carried out in COMSOL Multiphysics (version
5.4). The concentration of melanin was estimated from the modeled reflectance with the help of theoretical expressions
for total skin absorption, and the results are correlated with experimental findings. The method presented here opens
up avenues to design different optical biopsy techniques in a more user-friendly environment and with relatively faster
simulation execution time as compared with the existing Monte Carlo Simulation (MCS) method. © Anita Publications.
All rights reserved.

Keywords: Light-tissue interaction, Finite element modeling, Monte Carlo Simulation, Melanin, Skin, Reflectance

1 Introduction

The Skin is the largest interconnecting tissue in the human body and plays a vital role in homeostasis.
Optical studies making use of reflected spectrum reflect skin biochemistry, which can aid in designing
disease-specific treatments. The development of an in-silico model in which the light-multilayer skin tissue
interactions are demonstrated is expected to help the design of portable handheld self-monitoring devices
[1-8]. Also, the variations in the skin biochemistry embedded in the model can assist quantitative optical
spectroscopy to a great extent [9-14], with appropriate experimental validations.

Modeling light propagation in tissue is a complex interplay between the physical model, material
optical properties, and the pathways of light distribution in tissues [ 1,11]. In the pilot studies, light propagation
in tissues described by Radiative Transport Equation (RTE) is used for this purpose [9,15]. It was found
that the transport formalism is consistent with Maxwell’s Equations if the medium permittivity fluctuations
are less than unity [7,16]. The structural and chemical complexity of various kinds of tissues prohibits the
use of traditional concepts to model electromagnetic phenomena by solving Maxwell’s Equations. In the
context of radiative transport theory, the tissue is characterized by the absorption coefficient, scattering
coefficient, scattering anisotropy and the refractive index of the target medium. The RTE is challenging to
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solve analytically since it has six independent variables. In the case of high albedo media such as tissues,
RTE reduces to diffusion approximation where the light radiance is considered nearly isotropic [7, 9,11]. In
such media, photon scattering length is much larger than the photon absorption length, and the light radiance
diffuses into the tissue to a certain depth before being absorbed. MCS is considered to be the gold standard
method for numerically solving the RTE with accuracy, depending only on computational load. It has been
broadly used to solve both forward and inverse problems in tissue optics [3,11,16-18]. Using this technique,
simulations on laser Doppler flowmetry, light dosimetry in photodynamic therapy, and measurements using
optical coherence tomography & diffuse optical tomography have been carried out earlier [3,18-23]. MCS
works well with tissue structures where the optical properties are homogeneous. To handle heterogeneities
in tissues, well-defined shapes and small source to detector distances are considered [2]. Voxelated tissue
models have also been explored to simulate irregular structures. Deriving results from a tissue having curved
boundaries using MC techniques require substantial memory and computation time [3,6,14].

Light diffusion across tissue surface has been modeled using a finite element approach, using
commercially available tools such as COMSOL Multiphysics (version 5.4). This approach essentially
helps to drastically reduce the computational time and facilitate the incorporation of irregular abnormal
regions that can develop in a practical biological scenario. Works have been carried out in this direction
using the COMSOL platform, but all these were limited to the tissue of interest and incorporated simple
single-layer geometry with abnormalities in it [18,20-23]. Skin is a complex, multi-layered tissue, and it
is a well-established fact that light follows a banana-like pattern inside such tissues. Light penetrates the
tissue layers, and photons that emerge out of the skin after undergoing optical attenuations are collected at
the detector. Different skin layers have various components that can affect the trajectory of the photon path,
and it is essential to take into account the effect across different layers. These effects have a direct impact
on approximating the model to be developed for prediction of a particular disease and hence, the design of
diagnostic equipment. Thus modeling and analyzing the effect of light propagation through multilayer skin
tissue using FEM techniques could aid the faster development of accurate diagnostic tools.

In multilayer skin tissue, epidermis, dermis, and subcutaneous tissue form the layerwise structure.
Modeling skin tissue requires prior knowledge of the depth information of the layers as well as their
constituents that contribute to the overall optical properties. Optical spectroscopic techniques are being
extensively used in the judgment of the concentration of components in a completely non-invasive manner,
both on a qualitative and quantitative scale. In this work, we modeled bilayer skin in the COMSOL platform.
Optical response from the modeled skin tissue under two selected wavelengths of illumination is simulated
under precise illumination and collection geometry. We also compare the results of finite element based
analysis as demonstrated in this paper for light tissue interaction with that of the standard MC approach.
The extraction of skin melanin distribution is carried out with the help of simulated optical response from
the tissue. The simulation results are compared with experimental findings. Estimation of skin melanosome
fraction is useful in assessing diseases like melanoma and vitiligo [16,23-25].

2 Methodology

2.1 Light diffusion in tissue and finite element simulations

P1 approximation of radiative transport / light diffusion in tissue with specified optical properties is
given by Eq (1) [9,11,26]
9@, 1)

7 + Ha ¢(7’ t) - sz ¢(77 t) = 8(7: t) (1)

In this equation, ¢(7’, ) is defined as the photon fluence that is moving radially outward from
the infinitesimal volume in the tissue at position » and time ¢, S(*’, 7) is an isotropic source term that is
proportional to the number of photons that reach the infinitesimal volume. The tissue absorption coefficient is
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represented by u, . The term v is the speed of light in the tissue block under consideration, and D is the photon
diffusion coefficient, given by Eq (2)

D= (i) o

where (i represents the reduced scattering coefficient of the medium.

For the tissue sample, we simulated a model of multilayer skin in the COMSOL platform as a
semi-infinite medium [15,27-30]. A bilayer rectangular block was designed using COMSOL kernel which
mimics forearm skin tissue [31,33]. A rectangular block of dimensions 10 mm x 10 mm % 0.58 mm was
constructed with the center-aligned position, as shown in Fig 1. The first layer shows the epidermal region
with a thickness of 80 um, while the dermal layer region has a thickness of 500 pum [31]. A point source of
100 mW was modelled at the epidermal surface. The optical properties, as shown in Table 1, were considered
in the modeling [31,32]. For this work, the skin is designed as a multilayer turbid medium with differing
layerwise optical properties such as absorption and scattering. The concentration of melanosomes in the
epidermal layer was varied from 10 % - 40 % for humans [17], to represent varying skin tones [34]. In the
dermis layer, the absorption is predominantly due to the presence of haemoglobin, and optical scattering is
contributed by collagen fibers [31,35]. Partial flux boundary conditions are applied to the tissue model to
solve for the fluence disposal within the tissue as well as emerging intensity [25,36].

A coarse meshing was done for the entire geometry using free tetrahedral elements for carrying out
nodal analysis. The maximum mesh element size was 0.05 mm and 0.01 mm, the minimum size assigned,
making up to 267334 elements An extra fine meshing was done around the point source with a minimum
mesh size of 0.0001 mm.

POINT _
SOURCE
EPIDERMIS
DERMIS
/ 10mm

y

Fig 1. A multi-layered skin model block considered for the simulation with point source placed at the
epidermal surface

2.2 Comparison with Monte Carlo simulation

MCS was carried out for the same geometry and imbibing the same optical conditions to the tissue
layers. For the present study, MCS based on statistical weight scheme was performed on the bilayer optical
model of skin tissue devised to map the spatial distribution of photons at different depths and SDS [37,38].
Optical parameters such as photon absorption, fluence, reflectance, and transmittance were generated at 660
nm and 830 nm illumination. The fluence of the model obtained for different volume fractions of melanin was
plotted for varying source to detector separation distances at the two specific wavelengths.
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Table 1. Calculation of optical properties for the epidermal and dermal layer

Epdermal Optical Properties Calculation [32]

Reduced scattering Melanin The volume fraction  Absorption Epidermal
Wavelength coefficient of the absorption of melanosomes in  coefficient of absorption
epidermis coefficient the epidermis skin baseline coefficient
nm e em™! % em™! em™!
660 22.452 269.44 10 0.28 27.196
660 22.452 269.44 15 0.28 40.654
660 22.452 269.44 20 0.28 54.112
660 22.452 269.44 25 0.28 67.57
660 22.452 269.44 30 0.28 81.028
660 22.452 269.44 35 0.28 94.486
660 22.452 269.44 40 0.28 107.944
830 15.667 125.61 10 0.25 12.786
830 15.667 125.61 15 0.25 19.054
830 15.667 125.61 20 0.25 25.322
830 15.667 125.61 25 0.25 31.59
830 15.667 125.61 30 0.25 37.858
830 15.667 125.61 35 0.25 44.126
830 15.667 125.61 40 0.25 50.394

Dermal Optical Properties Calculation [32]

Mie scat- Rayleigh Total scatter- The volume

. . . HbO, Skin . Dermal
Wavelength tering coef- scattering ing coef- absorption absorption fraction of absorption
& ficient of the coefficient of  ficient of the P P blood in the Pt
. . . coefficient  baseline . coefficient
dermis the dermis dermis dermis
Nm cm! cm! cm! cm! cm™! % cm™!
660 11.795 10.54 22.335 1.711 0.285 0.2 0.288
830 8.364 4214 12.578 2.711 0.247 0.2 0.252

2.3 Estimation of differential absorption and estimation of skin melanin fraction

Apparent absorbance calculated from the reflection measurements is considered in this study. In
our model, the total apparent absorbance of the skin from the bilayer model is expressed as a function of
individual absorbance of melanin, haemoglobin and the base dermal layer.

Apparent absorbance of the skin = m*C,,o + h*Cyyp, + dyrs 3)

where m is the molar extinction coefficient of melanin at a given wavelength, C . is the concentration of
melanin in the skin, the major absorber in the epidermis. The parameter / is the molar extinction coefficient
of haemoglobin, Cy, is the concentration of haemoglobin in the dermis and d,,, is the static absorbance of
the dermis.

A pair of wavelengths were considered for this study, where the tissue response is predominated
by melanin absorption. We performed experiments and simulations studies at 660 nm and 830 nm. The
extinction coefficient of haemoglobin is comparatively equivalent at these two wavelengths [33]. Also, the
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concentration of haemoglobin is low (0.2 %) in the dermal region [32]. In the considered wavelength range,
the term dg,, showed negligible difference [24]. Hence, by obtaining the differential absorbance of the tissue
for the selected wavelengths, the change in melanin concentration is obtained at the particular tissue site.
Simulations and experiments were carried out with different melanin concentration in the epidermal layer
from 10 % - 40 %.

For both simulations and experiments, apparent absorbance values at the selected wavelengths were
calculated. For simulations, the % reflectance value (R) and apparent absorbance for a given sample at the
specific wavelength were estimated according to Eqs (4) and (5), respectively.

R = Fluence at a given SDS X 100 )
Fluence at zero SDS

1
Apparent Absorbance = 2.303 log (E) 6)

For experiments, R is obtained by comparing the reflectance of the sample with a reflectance standard as
explained in section 3.2.

3 Experiments

Diffuse reflection from optical phantoms representing simulation models was recorded using an
optical probe set up, as explained in the following section. Experimental studies were carried out to ratify
the simulation outcomes.

3.1 Phantom Fabrication

Bilayer tissue phantoms that mimic the tissue optical properties of the human forearm was fabricated.
Table 2 represents the compositional details of the human skin layer and its equivalent that can be considered
for making phantoms.

Table 2. Compositional details of bilayer phantom

. . Human Phantom Human
I;LSS:: Wax(fﬁiglght Ig (I;U;il tissue com- tissue Gelatin(%v) Melanin(%w/v) (gvz/g) Hb
Y perty ponents modifiers ? (%v/v)
Ua Melanin Coffee 81.18-51.18 10-40insteps5  NIL
Intralipid (for con-
660 , Keratin, 20 (Frese-  centration
Hs Melanin  nius Kabi, varying from NIL 8.82
. . Geemany) 10-40%)
Epidermis . . NIL
Ua Melanin Coffee 79.42-49 42  10-40 in steps 5
Intralipid (for con-
830 , Keratin, 20 (Frese-  centration
#s Melanin ~ nius Kabi, varying from NIL 10.58
Geemany) 10-40%)
Human he-
Haemoglo- moglobin
Dermis 660 Ha bing (H7379) NIL NIL 0.02
SIGMA-
ALDRICH 91
Intralipid
/ Collagen/ 20 (Frese-
Hs Elastin nius Kabi, 8.78 NIL

Geemany)
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Human he-
Haemoglo- moglobin
830 Uy bin (H7379) 91 NIL 0.02
SIGMA-
ALDRICH

Intralipid
/ Collagen/ 20 (Frese-
S Elastin nius Kabi,
Geemany)

8.36 NIL

The phantom fabrication methodology has been reported in our earlier publications [2,39.40]. Two
sets of 7 bilayer phantoms with varying melanin concentration from 10 % - 40 % in steps of 5 % were
fabricated for two different wavelengths.

Glass Substrate

Fig 2. Microscopic side view of the fabricated phantom

Figure 2 shows the thickness of each layer of the fabricated phantom assessed using a stereomicroscope
(RSM — 9F Radical, India). The thickness of the epidermal layer is varied from 80 + 2% um and that of
dermal layer varied from 500 + 2 % pm.

3.2 Experiments

The experimental set up consists of a light source (AvaLight-HAL, Avantes Inc., Netherlands),
an in-house fabricated vertical translational stage with variable source to target distances, a spectrometer
(MAYA 2000 Pro spectrometer, Ocean Optics, USA) and an angled probe (UV-VIS-NIR reflection probe,
Ocean optics, USA) connected to both the source and the spectrometer. The photograph of the experimental
set up is shown in Fig 3. The probe end has six illumination fibers and a single collection fiber at the center,
with a 30 degree angled window which helps in eliminating the specularly reflected light from the sample.
In this study, we obtained percentage reflectance values from the sample surface in comparison with a 99 %
reflectance standard (AT-WRS, SP Spectral Products, South Korea). The fibers have a numerical aperture of
0.22. The source to detector distance at the distal end of the probe was 750 um. The samples were mounted on
an acrylic podium of the translational stage which is fixed with a precision Vernier calliper (Mitutoyo 150 mm
Digimatic calliper 500-196-30, Japan). A fixed source to target separation of 1.5 mm from the probe tip was
maintained throughout the experiment. All the measurements were made with an integration time of 100 ms.
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Broadband
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Tissue
Phantom

Fig 3. Experimental setup

4 Results

4.1 Simulation results

Light distribution in the bilayer tissue structure was analyzed using both finite element and MC
methods. Figure 4a shows the fluence distribution across the tissue volume. The sliced pattern gives the 2D
energy distribution colour map with depth at different vertical planes of the tissue. Maximum fluence is observed
at the source position and the fluence undergoes gradual reduction with SDS on both sides. Figure 4b shows the
1D fluence distribution across the tissue surface, recorded at different layer interfaces. The simulated fluence
along the epidermal — air interface, epidermal —dermal interface and dermal boundary at a depth of 500 um are
represented by blue, green and red lines, respectively. These simulations were carried out at 660 nm wavelength
for 10 % melanin concentration.

Skin surface i
—— Epidermal boundary | |

Dermal boundary

log(u) Wem™-2

EPIDERMIS

4 3 L]
Source to detectdr distsnce in mm

) b)

Fig 4. (a) 3D sliced fluence distribution across the tissue volume. (b) Variation of fluence along with different
tissue interfaces at 660 nm for 10 % melanin concentration in the epidermal layer
Figure 5a and 5b show the simulation results of the change in fluence along the skin surface for
two chosen wavelengths, 660 nm and 830 nm in both finite element and MC modelling, respectively for
varying melanin concentration in the epidermal layer. The solid line and dotted line profiles depict the fluence
observed at 660 nm and 830 nm, respectively.
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Correlation analysis was performed to evaluate the efficiency of FEM simulation with MC techniques
at an SDS of 0.75mm. Figure 6a and 6b show the linear correlation curve between varying concentration for
both the techniques at 660 nm and 830 nm, respectively.

Next, the reflectance was calculated from the obtained fluence by making use of Eq (4). Figure 7
shows the % reflectance values obtained for varying concentration of melanosomes at the selected wavelengths
along the skin surface for a given SDS.

Figure 8 shows the variation in absorbance that was obtained at the epidermal layer using Eq (5),
which is caused primarily due to the variation of concentration of melanosomes in the epidermal region. The
solid line is the absorbance at the epidermal layer along the tissue surface from the source centre when it is
operated at 660 nm and the dotted line represents the % absorbance observed at 830 nm.
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—— 10%@660nm 15%
—15% 20%
— 1 sl 25%
— 25% —30%
— 30
40%
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>

¥

02 04 0.6 08 1 12 1.4 1.6 1.8
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3

Fig 5. Variation of fluence with SDS for varying melanin concentration in the epidermal layer at two different
wavelengths using (a) FEM and (b) MCS
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Fig 6. Correlation between FEM and MC simulated fluence observed at the tissue surface at an SDS of 0.75mm for
(a) 660 nm and (b) 830 nm

According to Eq (3), the static absorbance term dg,;, contributed by components of the dermal layer
needs to be assessed as it contributes to the overall absorbance obtained along the skin surface. FEM helps
in evaluating the fluence distribution at different depths in the tissue block. Figure 9 shows the fluence that
was recorded along with the static dermal layer, which is at 0.08 mm in depth from the epidermal surface for
different concentration of melanosomes in the epidermal layer.
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Net absorbance obtained through simulation is considered equivalent to the assumed apparent
absorbance in Eq (3), as we have incorporated all possible factors to the skin layers that contribute to the
detected fluence. Estimation of differential absorption from the tissue at 660nm and 830nm wavelengths
helps in extracting the melanin concentration as per Eq (3). Figure 10 shows the difference in absorbance
determined from the FEM simulations and its comparison with experimental data.

4.2 Experimental validation

Seven phantoms corresponding to wavelengths 660 nm and 830 nm for each volume fraction of
melanin varying from 10 % to 40 % were fabricated. After prior calibration using reflectance standards,
the reflectance from each of the phantoms were analyzed. From the obtained broadband spectrum for each
sample, the reflectance value was noted at their corresponding wavelengths. Following the same procedure as
carried out for simulations, the absorbance at both these wavelengths was calculated. Three sets of reflected
values were recorded for each concentration across the phantom sample. The difference between absorbance
at 660nm and 830nm was estimated for finding net absorbance for a given melanin concentration. The vertical
error bars depicted in Fig 10 shows the standard deviation of the difference in absorbances obtained from the
experimental studies.
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Fig 10. Comparison plot between simulation and experimental result of the difference in absorbance
versus volume fraction of melanosomes

5 Discussion

The results from Figs 4a and 4b show that the fluence significantly decreases as it penetrates deeper
into tissue surface as well as it moves away from the source centre at different layers under observation.
According to inverse square law, the effect of light source prevails for a radius about 0.6 mm across the
skin surface, after which the source power reduces to one—fourth of source center. At a distance greater than
0.6 mm from the source center, the fluence curve along the skin surface reduces and is equally distributed
throughout the layers. This dip in the fluence value is primarily due to the optical properties that are imbibed
into the target tissue. Therefore, a detector placed 0.6 mm apart from the 100 mW light source could easily
pick up the net reflected fluence along the skin surface. The fluence was observed to vanish if the detector
distance is placed beyond 1.5 mm from the source centre. Placing the detector at an optimal distance is of
prime importance. The results depict that the source to detector separation (SDS) of 0.6 mm — 1.5 mm should
be maintained to gain maximum information about the subject of study. For better estimation, an SDS of 0.75
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mm was chosen for the rest of the simulations and experiments since it gives maximum information without
the interference of source.

Fourteen simulation cycles were carried out for recording the fluence along the skin surface for the
chosen two wavelengths and varying melanin concentration in the epidermal region. The computational time
for fulfilling a single step of simulation took about 17 seconds on a 64 bit Intel processor with 2.8 GHz clock
speed and 4 GB RAM.

Figure 5a and 5b show the simulated fluence value obtained through both FEM and MC methods.
Small perturbations in the fluence obtained through FEM techniques are due to meshing effects of meshing
and shows the significant contribution of absorbers. The perturbations get deeper with an increase in
concentration for each wavelength. The values were simulated only for a distance of 2mm from the source
centre. The fluence value at the fixed SDS of 0.75 mm marked in red was considered for studying the
relationship between the simulations.

Correlation analysis was carried out between two techniques at selected SDS via linear regression
and found to be highly correlating and statistically significant for both input wavelengths. Figure 6a depicts
the relationship between the values obtained from FEM and MC techniques carried out at 660 nm and is
found to be linearly correlated with each other with R = 0.9993 and p < 0.05. Figure 6b illustrates the
accord between these two techniques at 830 nm and is found to be statistically significant, with R = 0.9998
and p < 0.05. These results and trends show that light simulation studies carried out using FEM have a
close correspondence with existing standard MC techniques. The total simulation time taken at both these
wavelengths for each melanin concentration took less than 8 minutes.

Reflectance studies depict the attenuation of light in skin and are correlated to the presence of
various static components present in the tissue. Figure 7 shows the reflectance obtained and its variation at
different detector distances from the source and Fig 8 illustrates the corresponding absorbance of the tissue.

From the simulations, as shown in Fig 9, the contribution of dermal absorbance to the overall
apparent absorbance is noted. Using Eq (3), the concentration of melanosomes is estimated. As shown in
Fig 10, a linear trend was observed between concentration of melanosomes and differential absorbance for
the given wavelengths. The linear fit equation can be used for estimating any unknown melanin concentration,
given the difference in absorbance at selected wavelengths, using the experimental set up. It was observed
that the experimental and simulated curves followed a similar trend. The difference between the experimental
and simulated output responses can be attributed to the difference in the reference reflection standard used for
estimating the output percentage reflectance in both cases. Also, the differences in output response between
the experimental and simulated results can also be contributed by the difference in thickness of the layers
used in either case or the assumptions taken up for performing the study. Also, the optical properties were
considered to be distributed homogenously across the entire volume and source was assumed to be isotropic
and placed on the surface of tissue block for simulations.

6 Conclusion

The theory of light propagation in biological tissue was studied using the Helmholtz Equation
package in the COMSOL Multiphysics platform which is equivalent to the light diffusion equation for a skin
tissue-mimicking geometry. This multilayer model developed has incorporated all possible components and
its effects, which could defy the propagation of light through the sample.

The computational time for carrying out a single step of the analysis took about 17 seconds. Reduced
computational time is one of the major considerations while carrying out light studies in multi-layered tissue
structures. This opens up an avenue for studying the light-tissue interaction in complex tissue geometries,
which was one of the major drawbacks in MC methods. Also, an in-depth analysis of the light distribution at
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each layer can be carried out and made use for further studies like the determination of variation of optical
properties contributed by abnormal conditions within each layer. Simulations were done considering a two-
layered block with the optical properties of the human epidermis and dermis to determine the relationship
between the difference in absorbance at 660 nm and 830 nm using FEM techniques. The results were
well validated with MC simulation techniques and experimental outcomes. In an application example for
extracting skin melanin using diffuse optical spectroscopy, a linear trend was observed across the simulation
and experimental methods, which can be used for predicting the volume fraction of melanosomes in a
particular tissue if a change in absorbance for two specified wavelengths is known. Such design strategies
could help in developing non-invasive optical biopsy instrumentation.
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Multifractal analysis methods to extract special class of complex self-affinity is under recent intensive attention because
of their fundamental nature and potential applications in characterization of diverse physical systems. Over last decade,
multifractal analysis methods are being applied in different discipline from medical image classification to segmentation,
pattern recognition, texture detection, physiological signal features characterization and prediction. There are various
optical methods proposed to extract multifractal parameters from medical images and signals. In this paper, we have
discussed various optical methods in combination of multifractal analysis in biological tissue characterization and
diagnosis. © Anita Publications. All rights reserved.
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1 Introduction

Studies on self-similar structures and processes have evoked recently for intensive investigations
because of their fundamental nature and potential applications in diverse areas ranging from complex
biological morphology, physiological process, and material structures to various optical phenomena [1-3].
Fractal properties are characterized by regular (exact fractals) or random (statistical fractals) hierarchical
scaling down to arbitrarily small scales [1-3]. Light scattering in biological tissue originates from spatial
variations of local refractive index with the spatial scale ranging from several nanometers to several
micrometers in the cellular and the extra-cellular compartments [4-7].

The spatial-scaling distribution of refractive index exhibits statistical self-similarity (fractality)
in different types of biological tissues. Inverse power law dependence of the elastic scattering signal (on
either the wavelength or the angular variation of scattering) has been attributed to this refractive index self-
similarity [5,6,8-11]. Recent studies have explored light scattering inverse models for quantification of the
fractal micro-optical properties, namely, Hurst exponent (H) and fractal dimension (Df), for their potential
applications in pre-cancer detection [5,8,10,11]. Such models are usually based on simplified version (mono-
fractal hypothesis) of complex self-similarity, which assumes that the scaling properties of the spatial
refractive index fluctuations are same over the entire scaling range probed. However, considering the wide
range of dimensions of in-homogeneities and the complex nature of the spatial correlations present between
them, the mono-fractal approximation may not be realistic to apply in biological tissues. Many complex
processes are associated with more complicated scaling behavior which may be thought of as consisting
of many interwoven fractal subsets, each of them characterized by their own local scaling exponent [12].
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Such complex self-affine processes are also ubiquitous in nature, and are extensively explored for diverse
applications, for example in heartbeat dynamics [13.4], turbulence [15-17], Sun’s magnetic field dynamics
[18], stock market fluctuations [19] and so forth.

It was thus desirable to explore the nature of multifractality of tissue refractive index (spatial)
variations using a more general type of statistical multi-resolution analysis. A multifractal signal is typically
characterized by different local scaling behavior. Such signals can be decomposed into number of subsets,
wherein a local Hurst exponent quantifies the local scaling behavior and spectrum width of scaling exponents
quantify the strength of multifractality of the signal [14,20]. This type of multi-resolution analysis yields
additional diagnostic information and the derived multifractal parameters which can potentially serve as
useful metrics for pre-cancer detection. Moreover, information obtained from such studies can help in
developing appropriate models for extraction and quantification of tissue multifractality from light scattering
signals.

2 Fractals and multifractals

The self-similarity is a natural occurring phenomenon. The geometrical structure with repeating
patterns in each length scale or time varying dynamics with repeating statistical properties are defined as
self-similar. Self-similarity is a classic property of fractals. Fractal analysis has already found widespread
applications in many fields like neuroscience, tissue characterization etc. [21]. The word fractal originates
from fractional dimension which characterize self-similarity in geometry and measure the space filling
capacity in geometry. An important parameter in fractal analysis is the fractal dimension (D) which increases
with increasing structural complexity. The fractal dimension (D) describes the ‘fractured’ nature of objects
gifted by mother nature. In general, fractals are divided into two categories such as geometrical fractal
and statistical fractal. In geometrical sense, self-similarity means the repetition of geometrical pattern of a
geometrical structure over different magnifications. Examples of such geometrical fractals are cauliflowers,
coastline, Sierpinski carpet, Koch snowflake, etc. and can be characterized using a box counting algorithm
to measure fractal dimensions. In case of statistical fractals, the fluctuations of a data series (recorded as a
function of length, time etc.) exhibits self-similarity, which is manifested as a power law scaling of its power
spectrum [8,20]. Statistical fractals such as spatial refractive index fluctuation in biological tissue can be
characterized by Fourier domain power spectrum analysis [8,20].

These (above mentioned) observations are considered as most simplified version of self-similarity
and termed as monofractal (due to single level approximation). In case of complex self-similar structure or
process, it is impossible to extract hidden fractal features that carries potential morphological or statistical
information, using this simple approximation. Therefore, researchers developed a State of Art multifractal
detrended fluctuation analysis (MDFFA) methodology to extract hidden multifractal properties [20]. The
multifractal analysis methodology can extract multiple scaling exponents that contain details of self-similar
properties, to construct singularity spectrum. The width of singularity spectrum provides useful measurements
of multifractality which indicates degree of roughness of the structural morphology or physiological signals
pattern.

3 Multifractal detrended fluctuation analysis (MFDFA)

The generalized multifractal detrended fluctuation analysis (MFDFA) procedure follows five steps
[20]
Step 1: Determine the ‘profile’ of the RI fluctuation series

Briefly, the refractive index fluctuation profile Y(i) (Series of length N, i = 1.....N) of biological
tissue is first determined using spatial index fluctuations (x;) by unfolding of the optical image of tissue as
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Y(i) = 2 =[x — (x)], where i = 1,2, ., N (1)
Step 2: The resulting profile, (i) is divided into N, = int (N/s) non-overlapping segments v of equal length
s. The length of the series may not always be an integer multiple of scale s. Therefore, a short part of the
series may remain unused in the calculation. In order to consider this remaining part of the series, the same
procedure is repeated in reverse way starting from the end of the series. Thereby, total number of segments
becomes 2N, to be analyzed.

Step 3: The local trend of the series (Y, (7)) is then determined for each segment m by least square polynomial
fitting, and then subtracted from the segmented profiles to yield the detrended fluctuations. The resulting
variance of the detrended fluctuations is determined for each segment (m =1, ... .., 2Ns) as

N . -
Fms) = 1s 2y [Yi(m=D)s + 5=y, ()] @
here, y,,(i) is the fitting polynomial in the segment m and 1% order (linear) polynomial is used in the fitting
procedure in our analysis.

Step 4: The moment (g) dependent fluctuation function is then extracted by averaging over all the segments
as
1 ZNS 1/q
Fio) = | 3 Zom et [F2m )] ©)
here, order of moment ¢ can take any real value. It is required to calculate generalized g dependent fluctuation
function F(s) for different length (spatial) scales s. Therefore, it is essential to repeat steps 2 to 4 for several
length scales .

Step 5: The scaling behavior is then calculated by analyzing log-log plots of F(s) vs for each value of g. For
this purpose, the scaling function is assumed to follow a power law behavior,

Fy(s) ~s"(q) “4)
Number of segments, N, = int (N/s) depends on the length of the series (V) and scale length (s) for which
fluctuation function (F,(s)) was calculated. Number of segments, N, should be sufficiently large to be
statistically reliable for this analysis. On the other hand, systematic deviation of scaling behavior from Eq.
4 may occur for very small and large scales. This was handled by limiting the range of length scale s in
our study by observing power law behavior. In general, the dependence of the generalized Hurst exponent
h(q) over ¢ indicates the signature of multifractality [20]. If 4(q) does not depend on ¢, then the series is
termed as monofractal [20]. The multifractal signal is subsequently characterized via the generalized Hurst
scaling exponents /(g), the classical multifractal scaling exponents z(g), and the singularity spectrum f{a).

The generalized Hurst scaling exponents /(g) and the classical multifractal scaling exponents 7(g) are related
as [20]

wq) = qh(q) -1 ®)
The singularity spectrum f'(«), related to 7(¢g) via a Legendre transform [20] is given as,
dr
a—%’f(a) =qa—1(q) (6)

here, a is the singularity strength or Holder exponent. The full width of /() (defined as the difference between
the minimum and the maximum value of a corresponding to the two minima of f(a) [20] is used to measure
the strength of multifractality. This quantity quantifying the strength of multifractality is subsequently noted
as o.

Note that for a stationary monofractal series, (g = 2) is equivalent to the Hurst scaling exponent
H [20]. Here, values for Hurst exponent (H = 0.5, > 0.5 and < 0.5) correspond to uncorrelated random
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(Brownian) fluctuations, long range correlations or persistent behavior and short-range correlations or anti-
persistent behavior, respectively [20].

The relationship between the scaling exponents generally derived in standard multifractal analysis
[22] and those in the MFDFA approach adopted by us, is worth a brief mention here. As shown by Kantelhardt
et al [20], the classical multifractal scaling exponent 7(g) defined in MFDFA is same as that defined in
partition function-based standard multifractal formalism [20]. Finally, for monofractal series, 7(g) = ¢H — 1,
where H is the global Hurst exponent [0 <H < 1].

4 Application of multifractal analysis in biomedical tissue diagnosis

Biological tissues are known to have complicated morphological architecture. We have found that
tissue spatial refractive index variation have complex nature of self-similarity [23]. Fourier analysis is a
simple and convenient approach to quantify and test the fractal behavior of any stationary fluctuation series
[5, 13, 20]. For one dimensional fluctuation series which exhibits statistical self-similarity, the constructed
Fourier power spectrum assumes a form of power law (P(v) = 7, being the spatial frequency here in pm™) at
the largest limiting frequencies v [5]. Here, the Hurst exponent is related to the power law coefficient as, § =
2H + 1 [20]. To perform Fourier analysis, we have recorded differential interference contrast (DIC) images
to measure the spatial distribution of tissue refractive index. The corresponding results of Fourier analysis
on the spatial variation of refractive index of tissue (obtained by unfolding the DIC image in one direction)
are shown in Fig 1. Figure la and Ic displays DIC images of grade I and III tissues, respectively. Figures 1b
and 1d displays corresponding Fourier power spectra of the one-dimensional spatial index variations. These
power spectra are complicated in nature and do not follow single power law, rather they have a multiple
power law behavior.
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Fig 1. (Adopted from [23]) Demonstration of complex nature in tissue self-similarity. The DIC images of
typical (a) grade I and (c) grade III dysplastic connective tissues. The corresponding Fourier power spectra of
the generated one-dimensional spatial index fluctuations are shown in (b) and (d), respectively. Two different
selected v ranges (lower and higher) exhibiting different power law scaling are shown by red and green colors,
respectively. The corresponding fits at lower v range (blue line), at higher v range (red line) and the overall fit
(black line) are shown.

The nature of the nonlinearity in the Fourier space of the spatial fluctuations of refractive index
necessitates the use of alternative analysis technique to extract/quantify self-similarity from such complex
multi-scaling fluctuations. To explore these complexities, we have proposed to apply multifractal detrended
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fluctuation analysis (MFDFA). The results of the MFDFA analysis performed on the spatial refractive index
fluctuations in tissues are shown in Fig 2 and Fig 3. Figure 2 displays various steps of the multi-resolution
analysis for the grade I dysplastic connective tissue. The presence of various large- and small-scale index
fluctuations is apparent in the profile Y(7) (top panel). The detrending procedure (middle panel) removes the
relatively broader local trends and enhances the smaller fluctuations for further analysis. The resulting slope
of the log-log plot of the constructed fluctuation function F,(s) vs s is observed to vary significantly with
varying moment ¢ (bottom panel). This is a clear indication that tissue have multifractality.
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Fig 2. (Adopted from [23]) The profile ¥(i) representing the 1D spatial index fluctuations (green dashed
line), and the local polynomial fit (black solid line) for a segment corresponding to a typical window size
s = 65 (top panel). The detrended fluctuations are displayed in the middle panel. The X-axis represents the
actual length scale (in um). The log-log plot of the moment (¢ =—6 to +6, shown here) dependent fluctuation
function F, q(s) vs s (Eq 4) is shown in the bottom panel.
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Fig 3. (Adopted from [23]) Comparison of the variation of (a) generalized Hurst exponent /(g), derived
from the slopes of log(F,(s)) vs log(s) (b) classical multifractal scaling exponent 7(¢g) and (c) the singularity
spectrum f(a) for spatial fluctuations of refractive index of grade I and grade III dysplastic connective
tissues.
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The relationship presented in Fig 3 shows a comparison of the generalized Hurst exponent 4(q), the
classical multifractal scaling exponent 7(¢) and the singularity spectrum f{(«) for the grade I and I1I connective
tissues. The values for 4(g = 2) for the grade I and II1 tissues are 0.53 and 0.44, respectively. Lower value of
h(g = 2) (< 0.5) signifies that the spatial index fluctuations are more anti-correlated at the higher grades of
pre-cancer. Interestingly, the differences in the variations of 4(g) between the grade I and the grade III tissues
are more prominent for negative values of the moment ¢ (Fig. 3a), which implies the relative importance
of the small-scale index fluctuations [20]. The resulting width of the singularity spectrum is observed to be
significantly higher for the grade III tissues (¢ = 0.89) as compared to the grade I tissues (¢ = 0.69) (Fig. 3¢),
presenting stronger multifractality in the higher grades of cancer.

The lower value of /(g = 2) in the grade III connective tissues is indicative of increasing roughness
of the medium, i.e. predominance of index inhomogeneities having smaller spatial dimensions. This together
with the observation of larger difference in /(g) for negative ¢ values (between different grades), point
towards morphological alterations associated with the micro-architecture of the fibrous network at higher
grades of precancer.

It can be concluded that, multi-resolution analysis revealed distinct indication of multifractality in
the spatial variations of refractive index in human cervical tissues, with the strength of multifractality being
significantly higher in the higher grades of precancers. In contrast to previous tissue light scattering analysis
in mono-fractal approximation [8], the results reported in this work underscore the need for incorporation of
the complex multifractal correlations in the models. Moreover, information obtained from such studies helps
to develop appropriate models for extraction and quantification of tissue multifractality from light scattering
signals.

5 Light scattering based inverse modeling to extract tissue multifractality

Light scattering based techniques is clinically amenable in comparison to microscopic imaging
methods. Therefore, it is always interesting to develop light scattering based technique to probe tissue
morphology. In reference [24], we have demonstrated an inverse analysis strategy for extraction and

quantification of multifractality from the corresponding light scattering signal. There, we have considered

n(r) — ny
no

a weakly fluctuating scattering medium having normalized RI fluctuations n(r) ~ . Here, r is the

location within the volume and n is the average RI of the medium; the fluctuating part of index An(r) gives

rise to phase distortion and scattering. In the first order Born approximation (weak variations of An(r)), the

elastic scattering field for scalar excitation can be related to An(r) via a Fourier transformation [25,26]. With
this approximation, the expression for scattered intensity can be given by

1B) = K & |In(r) ) dPr? )
here, k = 27/A, f is the scattering vector with modulus # = 2ksin(6/2), 0 is the scattering angle, 4 is the
wavelength (f is related to the spatial frequency v as f = 2mv); { = nyon represents the refractive index
fluctuation strength and #(r) is the corresponding spatial distribution of refractive index inhomogeneities. It
is evident that any signature of multifractality hidden in refractive index inhomogeneities (#(r)) would be
encoded in the Fourier domain scattering intensity (/(f)). Therefore, for the media exhibiting statistical self-
similarity in #(r), the information on multifractality can in principle be obtained from the scattering signal as

7(p) = [ k2 JI(p = 22v)? ¢ 07 d°B (8)
The parameter #/(p) can be interpreted as an index inhomogeneity distribution with spatial scale p,
representing the randomness of the medium in statistical sense, p = |[r — /| is the distance between any two
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points of medium. Here, we have quantified the multifractal tissue parameters by employing MFDFA on the
extracted index in-homogeneities via Fourier pre-processed light scattering data (inverse analysis).

Figure 4 displays the results of the inverse analysis performed on the light scattering spectra recorded
from a grade-1 dysplastic cervical tissue. Once again, the large variations in the slopes of log F(s) vs log
s is the evidence of strong multifractality (Fig 4c). The derived generalized Hurst exponents spectrum and
the singularity spectrum f(a) (Fig 4d and Fig 4e, respectively) exhibits similar features to those obtained via
DIC image analysis (Fig 3a and Fig 3c). Never-the-less, obtained results suggest that Fourier analysis of
light scattering in Born approximation and its subsequent multifractal analysis (MFDFA) quantified subtle
changes in the RI spatial distribution as an alteration of multifractal parameters.
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Fig 4. (a) Typical scattering intensity signal recorded from tissue [/(v) vs v, v = 2/4 sin(6/2), 6 = 150°, A = 360 —
740 nm]. (b) The statistically equivalent spatial (p) fluctuations of tissue refractive index (5'(p)) extracted through
inverse Fourier analysis on I(v). Here, (4'(p)) is shown after polynomial de-trending. (c), (d), (¢): Results of the
multifractal analysis on the detrended fluctuations 7(p). (c) The variation of log F, 4(s) vs logs for different order
of moments g(= — 4 to + 4). Significant variations in the slopes of logF,(s) vs logs curves for varying q indicates
presence of multifractality in 5'(p). (d) The order of moment (¢) dependence of generalized Hurst exponent /(g)
and classical scaling exponent 7(¢). (¢) The derived singularity spectrum f{a). The width of singularity spectrum o
is noted in the figure. (Adopted from reference [24]).

The newly derived multifractal optical parameters were investigated for differentiating different
grades of cervical pre-cancer. Reduction in the value for 4(g = 2) with increasing grades thus likely indicates
increasing tissue roughness. Stromal tissue is comprised of collagen fiber and micro-fibril network, statistical
self-similarity of which is manifested as the observed multifractal trends in the spatial variation of refractive
index. Reduced /(g = 2) probably originates from volume fraction reduction of the fibrous and micro-fibrils
network or disorganization of fibers [27-30]. Increased multifractality (larger width of singularity spectrum)
at higher grades of cancermay be an indication of the increased heterogeneity. The observed differences in
the multifractal parameters between normal and Grade I cancerous tissues thus indicate towards the ability of
the method to quantify ultra-structural changes in connective tissue as early cancers progress.



136 Nandan Das, Shubham Chandel, Rajib Dey and Nirmalya Ghosh
6 Probing sub-micron scale anisotropy in tissue multifractality via spectral Mueller matrix approach

In last two sections, it is considered that biological tissues are isotopic in nature. Most tissues
exhibit anisotropic refractive index variations, which arise due to (a) locally anisotropic (birefringent)
structure of intracellular or extra-cellular matrix or (b) anisotropic alignment of tissue structures. Several
tissue abnormalities are associated with characteristic changes in tissue structural anisotropy [27,28,30].
Quantification of tissue structural anisotropy may thus have potential use in tissue diagnostics. To probe
anisotropies in RI variations, one needs to perform measurements involving polarized light. The spectral
Mueller matrix (a 4x4 matrix), the transfer function of polarized light’s interaction with medium, can
extract information on anisotropy [4,31]. Conventional Mueller matrix measurements are used to quantify
macroscopic tissue anisotropy effects via the polarimetry parameters such as depolarization (A), linear
retardance (0) and diattenuation (d) [4,31]. However, studies conducted on exploring such macroscopic
tissue anisotropy parameters can moderately get successful in selected applications of tissue diagnosis [31],
in part because macroscopic RI asymmetries may not be the best metric of tissue “health”. We believe
the microscopic R asymmetries are a much better metric of subtle pre-malignant transformation, a belief
based not only on our initial findings [23] but also well-grounded in the literature [ 11]. Quantification of the
microscopic anisotropy in the stromal tissue network (collagen fibers and micro-fibrils) may thus be essential
for this early diagnosis purpose. Since the multifractal anisotropy parameters is the result of extracted
anisotropy from sub-micron to the macroscopic length scales, these measured anisotropies are expected to be
sensitive to structural anisotropy at the micron to sub-micron scales. These developments are thus expected
to enable clinician to characterizeultra-structural changes in tissue anisotropy, as an indication of precancer.

In our recent research work, we have demonstrated the results where MFDFA has been applied
on refractive index fluctuation by unfolding DIC images of cervical tissue in two orthogonal directions
separately [32-34]. Here, we have measured multifractal anisotropy by differentiation of multifractal
parameters in two different directions. We found consistent change of multifractal anisotropic parameters as
pre-cancer progression. In scattering MM approach, we have extracted spatial refractive index variation by
applying Born approximation based inverse analysis to two orthogonal scattering amplitudes individually.
Then we have applied MFDFA on two spatial index variation separately to extract anisotropic multifractal
parameters. We have quantified multifractal anisotropy and its statistics. In summary, we have found that the
spatial refractive index variation in biological tissues have intrinsic multifractal anisotropy property, leaving
its signature as a linear diattenuation in the spectral Mueller matrix. Here, we have introduced a new set of
anisotropy parameters namely the differential Hurst exponent (A/(g = 2)) and the differential strength of
multifractality (Ao). These parameters proved to be sensitive to structural anisotropy at the micron to sub-
micron length scales. The method was initially applied to detect cervical precancerous changes on ex-vivo
tissues. The ability to characterize small changes in tissue micro-structural anisotropy via Mueller matrix
backscattering spectroscopy suitable for in-vivo deployment as the backscattering geometry is clinically
amenable. Finally, the novel sensing ability to detect structural anisotropy in the sub-micron length scale via
multifractal anisotropy parameters may be applicable for non-invasive characterization of a various complex
materials and disordered systems.

7 Probing multifractality in depth-resolved refractive index fluctuations in biological tissues using
backscattering spectral interferometry

In previous section, we have discussed about Born approximation-based light scattering inverse
analysis method to quantify multifractality in the spatial variation of tissue RI [24]. However, the depth
resolved RI variations were not probed using this approach, rather, it yielded multifractality in tissue RI
averaged over the tissue depth (and volume) probed by the light. Yet, progression of many types of diseases
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(including cancers and pre cancers) is strongly correlated with depth-wise changes in the tissue structures and
RIvariations [35-39]. Methods that can quantify the complex depth correlation of the tissue RI fluctuations via
physically meaningful parameters are therefore highly sought after. Fourier domain low coherence spectral
interferometry is an attractive technique for probing depth distribution of refractive index (RI) in layered
media such as biological tissues. Several studies conducted in the past decade on low coherence spectral
interferometry have already yielded considerable promise for the characterization of tissues and other layered
turbid media [35-40]. These methods employ excitation with a low coherence broadband light source, and
the resulting spectral domain interference of the back scattered signal from different layers are analyzed in
the Fourier domain to extract information on the depth resolved distribution of the RI. Such Fourier domain
analysis of the recorded spectral interference signal actually provides information on the depth correlation
of the scattering potential (which depends upon the square of the RI) of any layered scattering medium [38],
which in turn is used to quantify the depth resolved RI variations.

Here, we will discuss about low coherence backscattering spectral interferometric measurement in
combination with multifractal detrended fluctuation analysis (MFDFA) to probe and quantify multifractality
in depth distribution of tissue refractive index [41]. The measurement employs common path spectral
interferometry, wherein the back scattered light from the top surface of the medium acts as the reference
signal in the spectral interference. The resulting backscattering spectral intensity signal was Fourier-analyzed
to yield depth correlation of the RI fluctuations, which was subsequently analyzed using MFDFA to yield the
multifractal parameters of depth-resolved index variations. The ability of this experimental set-up to probe
depth variation of RI was first tested on model system comprising of polystyrene microspheres and mica sheet.
Following successful testing and validation, the method was explored to quantify multifractality in depth-
resolved index fluctuations of extracted rat tail collagen samples and on ex-vivo tissues of human cervix with
different pathological grades (different grades of precancer). The derived multifractal parameters capture
and quantify subtle (at micron/sub-micron length scales) ultra-structural changes in the depth distribution of
tissue RI. They also appeared sensitive in detecting morphological changes in cervical precancer through an
increase of multifractality with increasing pathology grades.

8 Multifractality in optical coherence tomography (OCT) of human retinal layers

In an image segmentation and multifractal analysis approach, we have extended our investigations to
probe subtle alteration of depth index multifractality in optical coherence tomography (OCT) image of retinal
layers due to progress of disease like diabetic macular edema (DME) and age-related macular degeneracy
(AMD) [42]. In this study, the index variations in each layer of the diseased retina were found to be less
correlated (or more random) as compared to that of healthy retinal layers. This was observed to manifest as
a decrease in the generalized Hurst exponent of the spatial index variation in diseased retina. In addition, the
multifractality was also higher in case diseased retinal layers. The demonstrated ability of the multifractal
analysis on in-vivo OCT images to characterize the nature of the randomness and the hidden multifractal
parameters on the depth variation of the tissue refractive index should prove to be very useful for the diagnosis
of disease of human eye. In general, the application of such multifractal analysis on the OCT images may lead
to a novel diagnostic methodology for the detection of different types of tissue abnormalities, considering
tissue multifractal parameters as potential biomarkers.

9 Discussion and Conclusions

This paper provides up to date information about development of novel light scattering based
approaches for the extraction and quantification of multifractal parameters related to morphological changes
at the micron / sub-micron length scales of biological tissues. Specifically, multifractal models combined



138 Nandan Das, Shubham Chandel, Rajib Dey and Nirmalya Ghosh

with elastic scattering spectroscopic (both polarizations resolved and polarization-blind) measurements
were explored for the quantification of ultra-structural information on tissue, which are otherwise hidden in
conventional light scattering measurements. The efficacy of such multifractal approaches has been tested
and applied on ex-vivo tissues in the context of tissue characterization and diagnosis, with early indications
showing considerable promise of the developed approaches and warranting further exploration. In summary,
we have discussed about forward analysis of the differential interference contrast (DIC) images of tissue
which exhibits multifractality. We also discussed about development of inverse analysis model based on
Born approximation which extracted and quantified the multifractal tissue optical properties from light
scattering spectra. We have also discussed about Mueller matrix spectroscopic method in combination with
inverse analysis model which quantified sub-micron scale multifractal anisotropy in tissue ultra-structure.
We have briefly discussed about Fourier domain backscattering spectral interferometry in combination
with multifractal analysis which can quantify multifractality in depth resolved refractive index variations
in layered tissues. Finally, discussion about application of multifractal analysis on optical coherence
tomographic images for probing morphological alteration related to diabetic macular edema (DME) and age
related macular degeneracy (AMD) in human retina is presented.

We may now discuss about possible direction to which further study can be extended. In
Biophotonics and beyond, there are various sensing and imaging methods with their respective pros and
cons. The proposed method on multifractal inverse analysis of tissue light scattering signal represents a
fundamentally novel approach among these with much potential. Rigorous evaluation of this approach
will lead to the development of a novel optical method for the quantification of sub-micron length scale
morphology in tissue ultra-structure. We emphasize that the conventional light scattering and polarimetric
methods typically extract and quantify macroscopic tissue optical properties. Thus, studies conducted on
exploring such macroscopic tissue optical parameters have only proven moderately successful in the context
of tissue characterization and diagnosis. Quantification of the microscopic optical properties should prove
to be valuable in this context as it may enable one to probe and quantify subtle morphological changes in
tissue micro-structures, as an indication of pre-cancers and other diseases progress. Since, the multifractal
tissue optical parameters extract the anisotropy information from sub-micron to the macroscopic length
scales, these parameters are expected to be sensitive to ultra-structural changes at the micron-sub-micron
scales. The derived multifractal tissue parameters may eventually emerge as novel biomarkers for disease
detection.

Finally, the light scattering inverse methods (both polarizations resolved and polarization-blind)
discussed in this review employ backscattering measurements, which bodes well for in vivo deployment.
This follows because the backscattering geometry is clinically amenable. The relative simplicity of this
approach should therefore allow its deployment in optically accessible organs (uterine cervix, oral cavity,
bladder, bronchial and GI tract). This novel approach may thus potentially impact the currently unsolved
clinical problem of pre-cancer detection using optical methods. In general, the novel ability to sense
structural properties in the sub-micron length scale through multifractal optical parameters may open the
door for non-invasive detection of a variety of complex materials and disordered systems. In the context of
in-vivo biophotonics applications for pre-cancer detection, the free space optical systems (light scattering
spectroscopic and Mueller matrix spectroscopic systems) can be improved using all optical fiber-based
systems equipped with automated analysis algorithm. We have initially developed an optical fiber probe
assisted smart phone-based device for in-vivo applications of the developed multifractal approaches. The
system has also been used for initial clinical trials on patients having different stages of oral cancers.
Researcher can also extend this multifractal study to high resolution microscopy, confocal microscopy,
nano sensitive optical coherence tomography (nsOCT) to extract ultra-structural tissue self-similarity which
may open new opportunities for biomedical diagnosis and treatment response monitoring.
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One of the recommended methods by WHO for the initial diagnosis of tuberculosis (TB) is based on fluorescence
imaging of the rod-shaped Mycobacterium tuberculosis from Auramine O stained sputum smear of a patient. However,
the utility of this method largely remains inaccessible in rural and developing areas due to prohibitive cost of the
equipment and its maintenance apart from the cost of trained technicians and laboratory infrastructure. We report
development of a low-cost, compact and portable fluorescence imaging instrument, named TuBerculoScope, for point-
of-care sputum microscopy for detection of Mycobacterium tuberculi (Mtb) bacteria. A Graphic User Interface (GUI)
was developed for hardware control of the device, image processing and automated counting of the Mtb bacteria in the
field of view of the microscope objective. The instrument was tested on 600 clinically certified sputum smear slides
and found to provide sensitivity of 100% and specificity of 87 %. The relatively poor specificity is presumably because
of the clinical report, that was considered as standard, was based on manual observations of the slides under standard
fluorescence microscope, due to which some of the slides clinically reported as negative might not be truly negative.
© Anita Publications. All rights reserved.
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1 Introduction

Tuberculosis (TB) is the deadliest infectious disease in the current times and is caused by the bacillus
Mycobacterium tuberculosis (Mtb). Nearly, a quarter of the world’s population is infected with Mtb and
therefore, is at risk of developing TB. [ 1] Pulmonary tuberculosis is the most prevalent form of the infection,
especially in the developing countries. According to the World Health Organization (WHO) 2019 report,
globally, an estimated 10.0 million (range, 9.0—11.1 million) people fell ill with TB in 2018 with a large share
of around 2.9 million belonging to India itself [1]. Since, TB is curable and the onward transmission of the
infection is preventable, early diagnosis and timely intervention becomes extremely crucial in reducing the
global burden of the disease.

Despite the roll-out of several diagnostic methods, sputum smear microscopy remains the gold
standard method for the clinical diagnosis of pulmonary tuberculosis. Conventionally, Ziehl-Neelsen (ZN)
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stain based light microscopy is used for visualizing Mtb in sputum smears. Manual observation of the acid-
fast bacilli (AFB) in such stained samples has been a regular practice for the clinical diagnosis of pulmonary
tuberculosis. Though ZN microscopy is highly specific, the technique is marred by a major limitation of low
sensitivity (varying from 20% to around 80%) [2]. To overcome such limitation, fluorescence microscopy was
recently proposed as an alternate technique that provides better diagnostic value with improved sensitivity
and that too in shorter time as compared to the ZN microscopy [3-5]. In view of improving the diagnostic
sensitivity, WHO has recently recommended the application of fluorescence microscopy, specifically Light
Emitting Diode (LED) based fluorescence microscopy (LED-FM) as an alternative to ZN microscopy [6]. In
this method, the sputum smears are stained with a fluorescent dye, Auramine O, which binds specifically to
the mycolic acid present on the cell wall of Mtb. Auramine O bound to the bacterial cell wall fluoresces in the
green (peak ~505 nm) upon excitation with a blue light (~450 nm). When such stained sputum smear slides
are observed under blue light illumination through a fluorescence microscope, green-glowing rod-shaped
bacteria (Mtb) are clearly highlighted against a dark background enabling its identification and counting.

Rapid diagnosis through on-the-spot patient identification, especially in peripheral healthcare
centres followed by immediate start of treatment can essentially reduce the patient drop-out thereby resulting
in effective management of tuberculosis. A compact, field-usable device can, therefore, play a vital role in
the TB eradication program. Conventional fluorescence microscopes are, however, bulky and expensive
with limited availability in few hospitals only. Compared to the conventional fluorescence microscopes that
use mercury vapour lamps as illumination sources, LED microscopes are less expensive and have lower
maintenance requirements. Further, the LEDs are generally durable and do not require any warm-up time.
This makes LED-FMs a preferred choice for field use in peripheral and remote areas. The development of a
number of LED fluorescence microscopes (LED-FM) or adaptors that can convert existing light microscopes
to LED-FM, have been reported. For example, CellScope [7], SeeTB [8], mobile-phone based [9] FluoLED
system (Fraen Corporation) and Lumin (LW scientific accessories) are reported recently. Most of these
systems except CellScope would require dark room for operation. CellScope is based on transmission mode
of detection and has been reported to provide a low sensitivity of ~63% and a specificity of 85%, respectively
[7]. Another major hindrance in the use of these systems is the shortage and sometime even unavailability
of trained personnel, who could manually identify bacteria and grade the smear, especially in the remote
settings. These reports highlight the lacuna for a portable field usable fluorescence microscopy device with
high sensitivity for the diagnosis of tuberculosis.

We report, in this paper, the development and performance evaluation of an easy-to-use, compact
and portable LED based fluorescence imaging device. The developed device displays fluorescence images of
Mycobacterium tuberculosis from a patient’s sputum smear on a microscope glass slide following its staining
with an appropriate fluorescent dye (Auramine O) and illumination with blue light. A Graphic User Interface
(GUI), developed in-house, enables hardware control of the device, image processing and automated counting
of the Mtb bacteria in the field of view of the microscope objective. The important advantages of the device
are its significantly low cost as compared to the fluorescence microscope routinely used for TB diagnosis in
clinical pathology labs, no requirement of darkroom for operation and reduced manual intervention in slide
interpretation and grading. The device named “TuBerculoScope” is intended for point-of-care fluorescence
microscopy of the sputum smears for rapid detection of pulmonary tuberculosis and is suitable for resource-
limited rural health services.

2 Materials and Methods

2.1 Instrumentation

Figures la and 1b show the photograph and the schematic of the developed TuBerculoScope,
respectively.
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Fig 1. TuBerculoScope: (a) Device and (b) Schematic of the device components
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The device uses a blue (470 nm) LED (CREE, Inc) for fluorescence imaging and a broadband white
LED for transmission imaging. The light from the blue LED is focused onto the dye-stained sputum smear
on the glass slide through a 40X microscope objective (Comar, USA) and the backscattered fluorescence
signal from the bacteria is collected by the same objective and detected by a charged coupled device (CCD)
camera (TUCSEN, model: ISH500). A dichroic and blue cut-off filter (Shemrock, USA) combination is
used to block the elastically scattered fluorescence excitation light reaching the camera. The fluorescence
detection of Mtb is based on the fact that the mycolic acid on the cell wall of the bacteria binds with Auramine
O dye to give green fluorescence when illuminated with blue light. The device possesses a slide insertion
slot through which the microscope slide with Auramine O stained sputum smear is placed on a X-Y sample
stage having Z- movement for observation. The magnification provided by TuBerculoScope is ~400 X with
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a field of view of ~240 um X 180 um. The device can also perform transmission mode imaging under white
light illumination. An in-house developed miniaturized electronic data acquisition card draws power from the
USB port of a computer/laptop and produces electrical signal for driving constant current sources to power up
the LEDs. The LEDs, the sample stage and the CCD camera are all accommodated in an acrylic enclosure
as shown in Fig la.

The GUI software for device control, image acquisition and processing consists of 3 modules. The
first module (Fig 2), which can be accessed by clicking on the tab titled “Acquisition”, consists of a set of
user interface controls which recognize the hardware components (LED driver and camera) of the device and
is intended for controlling the switching of LED light sources through software and configuring the image
acquisition parameters of camera like exposure time, gain, contrast, brightness and gamma components etc.
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Fig 3. Fluorescence images processed for automated counting of TB Bacteria.

The second module (Fig 3) that can be accessed through the tab titled “Analysis” is the major
module of the GUI intended for automated counting of the rod shaped Mtb bacteria. The fluorescence images
acquired under each field of view consist of several fluorescent objects against the dark background. An image
processing algorithm is used to isolate the rod-shaped objects i.e. M. tuberculosis from other non-specific
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contaminants in each such image. In order to perform the task of identifying the rod-shapes objects in the
field of view, the algorithm first converts the colored fluorescence image into a grey-scale image. The grey
image is further processed using Gaussian filtering for edge enhancement, mean filtering for speckle removal,
and correction for brightness, contrast, and gamma. Following this process, the intensity thresholding is
performed to generate a binary image having intensity value of 1 for the pixels belonging to the bright objects
and 0 otherwise. The task of Holefill and rejection of particles at the edge of image are also carried out for
better result. The objects present in the image are then passed through the circularity test and size filtering to
retain only rod-shaped objects (Eccentricity range 1.06 to 3.26) of 200 to 1500 pixels. The retained remaining
particles are identified as the bacteria and the count is displayed on the screen.

TuBerculoScope

Acquisition | Analysis | Save Data/ Review
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)3T [F\TBS_Project NC\TBS_Source\
daa

o]
subiect # - o (N
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Save Load
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Parameters used for image a

Smoothening Method: g er: with Kernal size: and Kernal no.
Image Brightness: Tmage Contrast:

Intensity Threshold Min Cutoff: Intensity Threshold Max Cutoff:

Eccentricity Min Cutoff: Eccentricity Max Cutoff:

Min Size Cutoff (in pixels): Max Size Cutoff (in pixels):

Fig 4. Acquired and processed fluorescence image of the TB Bacteria along with key parameters of image
acquisition and analysis.

After processing the image, the third tab (Fig 4) titled “Save Data/ Review” allows acquired image
as well as the results along with the parameters of the image acquisition and analysis to be saved in a pre-
defined directory. The image is saved in ‘.png’ format along with image information in ‘.txt > format having
same file names. The saved image along with the data can be recalled offline and previewed in the GUI.

2.2 Sputum Smear Slides

Clinically certified dye-stained sputum-smear slides (600 numbers) were obtained from the Lal
Hospital, Indore and Govt. TB Hospital, Indore. The staining of the smear was done with Auramine O
according to the established protocol of the ‘Stop TB partnership’ program in the respective hospitals.
Briefly, heat fixed sputum smear slides were placed onto a level staining rack with sputum side facing up-
wards. The slides were flooded with phenolic Auramine O stain (0.1% in a mixture of 9.5% ethanol and 3.0%
phenol). After 20 min of staining, the slides were gently rinsed with excess of distilled water. The slides were
then flooded with decolorizer (0.5% HCI in 70% ethanol) for just 2 min and rinsed thoroughly again with
distilled water. Counterstaining with 0.5% potassium permanganate and rinsing was followed by air drying
prior to the observation under microscope. The slides were observed under conventional LED-fluorescence
microscopes and Mtb were identified and counted manually by the readers who were trained laboratory
technicians. Out of the 600 sputum smears, 25 were found to be Mtb positive while remaining 575 were
reported negative. The 25 Mtb positive slides carried varying loads of the bacillus and graded as 1+, 2+ and
3+ according to the WHO guidelines based upon the number of bacteria observed (according to Table 1) in
each length of the smear. Accordingly, 10 were graded as 3+, 3 were graded as 2+ and remaining 12 were
graded as 1+.



148 Shovan K Majumder et al

Table 1. Grading criteria for Auramine O stained sputum smear slides

Result Fluorescence
(1 length = 30 fields)
Negative Zero AFB / 1 length
Scanty 1-19 AFB / 1 length
1+ 20-199 AFB /1 length
2 5-50 AFB/ 1 field
on average
3 >50 AFB/ 1 field
on average

(AFB: Acid Fast Bacilli)

2.3 Evaluation of performance of TuBerculoScope

A pilot study was conducted to evaluate the performance of TuBerculoScope in detecting Mtb in
the sputum smears. The evaluation was done with respect to the clinical findings for 600 sputum smear slides
as described above. Further, a comparison was also carried out with a commercial fluorescence microscope
(Olympus). Each slide was raster scanned and a minimum of 30 fields were observed per slide. Under each
field of view, an image was acquired and software assisted bacterial count was performed before moving to
the neighboring field of view through manual adjustment of the x-y slide stage. Average time for analysis of
each slide was found to be ~5 min. Grading of the smears was done as described above.

Considering the reported clinical findings as the benchmark, the sensitivity of the system was
calculated as (true positives)/(true positives + false negatives) and specificity as (true negatives)/(true
negatives + false positives). It must be noted here that the standard way of clinical monitoring of sputum
smears using conventional fluorescence microscope is manual and is highly subjected to human errors.

3 Results and Discussions

In the year 2011, WHO recommended the use of LED fluorescence microscopes as an alternative
to conventional fluorescence microscopes as well as ZN microscopy in all types of clinical settings. Though
several LED fluorescence microscopes are available, they all share some common shortcomings. For example,
the available systems are generally bulky requiring separate LED power supply units, need dark room for their
operation and the counting of the bacilli to be performed only manually [10,11]. TuBerculoScope, developed
as a field-usable point-of-care device, overcomes all these shortcomings. In fact, the device is a simple, low
cost alternative to conventional fluorescence microscope for the analysis of Auramine O stained sputum
smear slides for clinical diagnosis of pulmonary tuberculosis. The provision of GUI-supported automated
counting of bacteria is an added advantage which significantly reduces the dependency on the expertise of the
technician thereby eliminating human errors and also assists in speeding up delivering the output. Further, the
device, being USB powered and portable, can be used in low resource settings like rural areas or any other
backward area where there is shortage in the supply of electricity. The device can also be operated under
full natural light illumination since the slide slot and camera are fully covered within the device and isolated
maximally from the external light thereby eliminating the requirement of any dark room.

In the present study, the efficacy of TuBerculoScope was evaluated on a total number of 600 clinically
certified slides. The slides were simultaneously examined using a commercial fluorescence microscope.
The performance of TuBerculoScope was found to be comparable to that of the commercial fluorescence
microscope. It is to be noted that the TuBerculoScope provided a magnification of 400x and the field of
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view of ~ 240 um X 180 um., which was found similar to that obtained with the commercial fluorescence
microscope using a 40x objective lens and 10x eyepiece lens. Thus, TuBerculoScope meets the standard
dimension for the field of view and the results can directly be translated in terms of the ‘length’ specified for
smear analysis. The average time of analysis of a sputum smear slide is around 5 min, which is much shorter
than that is required for such assessment manually through a conventional microscope (~8 min-10 min).

Further, TuBerculoScope was found to completely eliminate the non-specific irregular shaped
fluorescing (i.e. green glowing) objects seen often time in an acquired image. Of all the slides investigated
by us, 25 slides were clinically reported as Mtb positive and rest of the slides were clinically reported as Mtb
negative. All those tested positive in clinic were found to be positive with TuBerculoScope and with similar
grading. This translated into a sensitivity of 100%. This high value of sensitivity provided by TuBerculoScope
demonstrates that its performance is definitely superior to that of CellScope [7] which was reported to yield
a sensitivity of ~63%. The plausible reason for this improved performance of TuBerculoScope might be
the incorporation of backscattered geometry for detection of fluorescence as against the transmission mode
detection adopted by CellScope.

However, of the 575 slides that were clinically reported as negative, only 500 were found to
be negative with TuBerculoScope. This translated into a specificity of around 87%. The reason for this
relatively lower value of specificity obtained with TuBerculoScope appears to be the fact that these values
were derived with respect to the clinical findings based on manual observations which, being subjective, are
susceptible to human errors. In fact, the image processing algorithm developed and embedded in the GUI of
TuBerculoScope objectively checks every field of view and can fish out even a single bacillus which might
be overlooked during manual observation of the same slide in clinic. Therefore, a more robust validation
of TuBerculoScope is being carried out using large number of sputum smears along with supported data
from conclusive TB diagnosis methods like Cartridge based nucleic acid amplification test (CB-NAAT) and
Lowenstein—Jensen (LJ) media culture method, the results of which shall be reported later.

It is pertinent to mention here that though, in the present version of TuBerculoScope, the counting
of the TB bacteria in a chosen field of view is automated, in order to scan the whole of the sputum-smear
region of interest on a given glass slide, one still needs to manually move the glass slide, in steps, to bring
it, each time, under the field of view of the microscope objective. In order to address this issue, a new
version of the device enabling automated scanning of the area of interest on the microscope slide as well as
automated counting of the Mtb bacteria in each of the selected field of views is being developed. This new
device will use motorized translational stages which, with the use of an appropriate GUI software that will be
developed, will enable automated movement of the sample platform and as well as the microscope objective.
Such a device would add to the ease-of-use by eliminating the need of tedious chore of manually scanning
the sputum-smear on the microscope slide, thereby enabling automated and rapid screening of TB infected
patients in a clinical setting.

4 Conclusions

To conclude, we have developed TuBerculoScope which is a low cost, compact and portable optical
device for point-of-care fluorescence microscopy of the sputum smears for rapid detection of TB. The
developed device displays fluorescence images of Mtb bacteria (the bacteria responsible for TB disease) from
a patient’s sputum smeared on a microscope glass slide following its staining with an appropriate fluorescent
dye (Auramine O) and illumination with blue light. A pilot study to evaluate the efficacy of the device has
been carried out. In this study involving 600 clinically certified dye-stained sputum-smear slides, sensitivity
and specificity of 100% and 87%, respectively, towards TB were obtained. The relatively lower specificity
value appears to be due to the fact that these values were derived with respect to the clinical findings based
on manual observations due to which some of the slides clinically reported as negative might not be truly
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negative. It will be desirable to carry out more rigorous validation of TuBerculoScope to truly evaluate its
diagnostic efficacy with respect to data from CB-NAAT and LJ media culture method as the standard.
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Red blood cells (RBC) possess unique viscoelastic characteristics which allow them to pass through capillaries narrower
than their size. Measurement of viscoelastic properties of cells (e.g. RBC) in low-force regime is of high significance
as it represents conditions of membrane fluctuation in response to physiological conditions. Estimation of visco-
elastic properties of RBC requires measurement of extent of deformation in RBC subjected to known force. Optical
tweezers, being gentle and absolutely sterile, are emerging as the tool of choice for application of localized force on
cells. However, stretching of RBC in very low force regime has not been quantified. Further, though deformations
in transverse directions have been measured, vertical deformations due to stretching of cells cannot be quantified by
classical microscopic images. Here, we report realization of off-axis digital holographic microscopy (DHM) for highly
sensitive axial changes in RBC shape due to stretching by optical tweezers without attaching microscopic beads. The
RBC was stretched in axial direction with nanometer precision by change of divergence of the trapping beam. The
obtained deformation patterns were compared with the axial position of the tweezers focus. Since the pathophysiology of
progression of diseases like malaria and cancer is reflected in the biophysical (both mechanical and material) properties
of the cells, it is possible to identify the changes by simultaneous measurement of refractive index and elasticity using
this approach. © Anita Publications. All rights reserved.

Keywords: Optical Tweezers, Optical Stretcher, Viscoelastic properties, Digital Holographic microscopy.

1 Introduction

Significant changes in refractive index and elasticity of cells (especially, red blood cells) are known
to occur under influence of number of diseases such as malaria [1], cancer [2], and diabetes [3]. For such
diseases, elasticity and refractive index analysis at single cell level will allow better understanding of the
physiological condition, which in turn can help reducing the impact of the disease. Measurement of one of
these parameters may not suffice to provide complete understanding of the process. While the challenge in
measuring refractive index is to map with high resolution, the elasticity measurement at single cell level has
been very tedious. These fundamental limitations can be overcome by combining phase imaging [4-6] with
optical tweezers [ 7, 8]. The mechanics of red blood cells (RBC) are crucial for a wide variety of life processes,
from cell transport in microcapillary blood vessels to cancerogenes and ageing. Several modalities have been
employed for measurement of viscoelastic parameters of cells, including micro-pipette [9], magnetic force,
atomic force microscopy [10], and flow field [11]. Recently, optical stretching of cells by single [12] as
well as multiple optical tweezers [13,14], fiber optic stretchers [15] and fiber optic tweezers [16] has been
gaining significant interest due to their non-invasive and accurate forcing capabilities. However, in all these
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stretching methods, visualization of cells in three-dimension (3D) is not possible with traditional differential
interference contrast or phase contrast microscopy and therefore does not provide information on alteration
of cellular shape in vertical direction after being subjected to a stretching force. While confocal microscopes
can provide 3D images, mere incorporation of optical trapping with confocal microscopy does not provide
3D visualization of trapped objects since the trapped objects move in axial direction along with movement
of the microscope objective. Further, it requires staining of cells by fluorescent dyes. In contrast, quantitative
phase imaging by digital holographic microscopy [17,18] can provide laser beam induced changes in vertical
direction with high spatial and temporal resolution.

Here, we report quantitative phase measurement of optically stretched red blood cells with high
spatial and temporal resolution, by a digital holographic microscope combined with optical tweezers.
Digital holography [5,6,18,19] combines digital recording with traditional holography and by solving
numerically the Fresnel propagation equation and phase information about the sample under investigation
can be retrieved from a single CCD recording. Since, digital holographic microscopy allows determination
of dynamic changes in the phase of microscopic objects with sub-wavelength accuracy, dynamic change of
optical thickness profile along vertical direction, during stretching of the RBC with single optical tweezers,
could be determined.

2 Materials and methods

2.1 Digital holographic microscopy and optical stretching system

The schematic of the digital holographic microscopy (DHM) and optical stretching system is shown
in Fig 1. The 1070 nm optical tweezers beam from a Nd: YVO, laser (L1; IPG Photonics, USA) beam
was expanded through a 6X beam expander (BE), directed by a dichroic mirror (DM1) and focused onto
a diffraction-limited spot at the sample plane by a 100X Plan Neofluor Phase microscope objective, (MO;

C]w
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r Computer " \
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Fig 1. Experimental setup of the digital holographic microscopy combined with optical tweezers.
L1: Trapping laser; BE: Beam expander; DM1: Dichroic Mirror; L2: Interferometer laser; BS: Beam
splitter; HL: Halogen lamp; M: Steering mirror; CL: Condenser Lens; MO: Microscope objective;
ST: Stage for sample chamber.
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1.3 NA, Carl Zeiss, Germany). The lens pair in the beam expander was used to control the divergence of
the expanded beam so as to move the trapping plane without moving the objective. This ensured that cells
attached to the coverslip (imaging plane) are stretched along vertical (axial) direction. For quantitative phase
digital holographic imaging, the 670 nm light from a diode laser (L2) was expanded and split using a
beam splitter (BS) into a modified Mach-Zehnder interferometer, as illustrated in Fig 1. The sample solution
containing the RBCs was mounted on a XYZ-translation stage (ST). The reference and sample beams were
combined using a second beam splitter (BS) and projected on to the CCD camera. Another microscope
objective (MO2) was placed in the reference arm of the interferometer for curvature compensation. A slight
angle was introduced between the object and the reference beams by tilting the steering mirror (M) for oft-
axis holography. The interference fringes and the bright field images were captured using the CCD camera.

A drop of the diluted suspension of RBCs was placed on a poly-D-lysine coated coverslip and
sandwiched using a top coverslip. The two coverslips were separated by a 100um spacer forming a closed
sample chamber. The holographic diffraction pattern was obtained in real time using custom-made software
(Nanoscope Technologies LLC) based on LabVIEW®. The phase images were calculated by digital
holographic imaging method. The power of the optical tweezers beam at the sample plane was estimated by
multiplying the transmission factor of the objective with the laser beam power measured at the back aperture

of the objective using a power meter (PM 100D, Thorlabs Inc.).
2.2 Simulation of force due to optical tweezers

Optical tweezers (Fig 2) use a strongly focused laser beam, usually with Gaussian intensity profile.
Microscopic objects (e.g. cells) refract light (Fig 2 a & b) and thus experience recoil-momentum that leads
to a gradient force towards the highest intensity point in the focus. The forces are balanced when the object
reaches the center of the beam. The radiation pressure from absorption and scattering acts in opposition to
the axial gradient force and therefore stable trapping requires high numerical aperture (NA) focusing optics
such as microscope objective. Though single cells can be held and stretched by optical tweezers (along with
viscous drag [12]), attached (high refractive index) beads [ 13,14] act as handles providing avenues to apply
larger force over the whole cell as compared to local stretching. The mechanical properties of single cells can
thus be quantified by optical tweezers with force extending hundreds of pN.

Radiation forces due to optical tweezers on RBC membrane were simulated in Rayleigh regime. For
evaluation of optical trapping forces [4] on the Rayleigh particles, let a dielectric sphere with radius a (100
nm) and dielectric constant — g; in a medium with a dielectric constant €, and a magnetic permeability ., is
illuminated by a linearly polarized (parallel to the x axis) z-propagating beam. The Rayleigh particle in the

instantaneous electric field £ (7, t) acts as a point dipole, whose dipole moment (in MKS units) is given by
2
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where m = n;/n, (in our case, 1.39/1.33) is the relative refractive index of the particle. The radiation pressure
force exerted on the particle in the Rayleigh regime has two components. One of these force components is
a so-called scattering force, given by
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The other component is a gradient force due to the Lorentz force acting on the dipole induced by the
electromagnetic field. By using the electric dipole moment given by Equation (1) as an electrostatics analogue

of the electromagnetic wave, instantaneous gradient force is defined by
2
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The gradient force which the particle experiences in a steady state is the time-average version of Eq
(3) and is given by

N 2mnya’ ( m*— 1
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Figure 2¢ & d shows the axial gradient and scattering force on the membrane due to trapping beam
power of 200 mW focused 250 nm above RBC membrane.
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Fig 2. Simulation of force due to optical tweezers, a strongly focused laser beam to hold object(s) in
three-dimensions. (a) Schematic Ray-optics representation of interactions between laser beam and
high-index object (cell) giving rise to trapping in transverse plane (XY). Light refracted through
the transparent object transfers momentum to the object in order to balance its change in direction.
The forces are balanced when the object reaches the center of the beam. The nature of transverse
gradient force for a high-index object in a Gaussian beam is attractive to the highest intensity point.
(b) Ray-optics representation of the axial trapping (Z). The axial gradient trapping force toward focus
competes with the scattering force (away from focus). (c) Scattering force and (d) Axial gradient
force on 100 nm RBC membrane.

2.3 Numerical calculation for image reconstruction in digital holographic microscopy

Digital holography [ 19], an emergent imaging technique, offers an excellent approach for quantitative
phase imaging. A hologram that consists of the interference between the object and the reference beams is
recorded by a CCD camera and the holographic image is numerically reconstructed inside a computer using
the results of diffraction theory. Calculation of the complex optical field allows direct access of both the
amplitude and phase information of the optical field, and by numerical focusing; the images can be obtained
at any distance from a single recorded hologram. Digital holography also affords numerous digital processing
techniques [20] for manipulating the optical field information in ways that are difficult or impossible in real
space processing. For numerical reconstruction in digital holographic imaging, the propagation of the optical
field can be calculated based on the Fresnel diffraction formula.
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From Fourier optics [21], for the object wave field E(x,y; 0) at plane z =0, the corresponding angular
spectrum of the object wave at this plane can be obtained by taking the Fourier transform:

Sl bz 0) = [JE G, v 0yexpl-iChor + k),
where k, and k, are corresponding spatial frequencies in x and y directions. The object angular spectrum
S(ky, k,;0) can be separated from other spectral components of the hologram with a band-pass filter if the

off-axis angle 0 of the incident beam is properly adjusted. The field E(x,y;0) can be rewritten as the inverse
Fourier transform of its angular spectrum,

ECx, 3 0) =[] Gk I3 0) expliChor + k) dk . (6)

The complex-exponential function exp[i(kxx-i-kyy)] may be regarded as a projection, on to the plane z
=0, of a plane-wave propagating with a wave vector (k,, k,, k,), where k, = [k, — 2 — kﬁ 1Y% and k= 27t/A. Thus
the field E(x, y; 0) can be viewed as a projection of many plane-wave components propagating in different
directions in space, and with complex amplitude of each component equal to S(k,, k,; 0). After propagating
along the z-axis to a new plane, the new angular spectrum, S(k,, k,; z), at plane z can be calculated from
S(ky, ky; 0) as

S(ky, ky; z) = S(ky, ky; 0)explik.z]. (7

Thus the complex field distribution of any plane perpendicular to the propagating z axis can be
calculated from Fourier theory as

ECx, 5 2) = TS0 s 2) exp [ilkor + k) dkk (8)

The resolution of the reconstructed images from the angular spectrum method is the same as
that in the hologram plane. The non-ambiguity phase range calculated from the complex field distribution
is only from —z to z. Any phase outside this range will cause a wrapping effect of the phase map. The
27-phase ambiguities can be directly resolved to get an absolute sample phase map by phase unwrapping
using Goldstein’s algorithm [22]. From the quantitative phase and phase change information, the physical
thickness of the probed region and its change can be estimated using the equation Ad = A(Ap/2w)/(n — ny),

where A is the wavelength, Ag is the phase, and (n — ny) is the refractive index difference between the cell and
the buffer.

2.4 Finite element modeling of RBC stretching

Most RBC stress models treat the cell as two parts: An outer layer (representing the lipid bilayer) as
afluid. An inner layer (representing the spectrin network) where it derives its structural strength, and prevents
blebbing. Figure 3 shows Finite element modelling of deformation of RBC due to local stretching. The FEM
mesh for RBC (Fig 3a). Figure 3b shows the Finite element model of deformed RBC at a normal force of
1pN. The Force vs deformation of RBC at low force regime is shown in Fig 3c.

3 Results and Discussion

3.1 Optical stretching of RBC

In order to estimate the physical deformation of membrane due to stretching of RBC by optical
tweezers, the position of the optical tweezers’ focus was changed with respect to the imaging plane. In order
to keep the imaging plane not perturbed during digital holographic microscopic imaging of stretching events,
instead of moving the objective the divergence of the laser beam was varied externally. This was achieved
by controlling the distance between the two lenses in the beam expander (Fig 1). The system was calibrated
by obtaining the relationship between the distance moved and the laser focusing plane (tweezers beam). This
was also confirmed by trapping a microsphere and recording the images of the trapped microsphere, as the
distance between the lenses in the beam expander was varied. These images were later correlated to images



156 Nelson Cardenas and Samarendra K Mohanty

of another microsphere sticking to the coverslip, when the sample stage was moved by known distances from
the imaging plane.

For our system, the axial positioning of the tweezers focus could be achieved over a range of -400 to
+400 nm by varying the divergence of the laser beam without significant loss of laser beam power reaching
the sample plane. Therefore, RBC stretching experiments were conducted within this distance range. As
mentioned earlier, in contrast to existing measurements, we intend to measure local viscoelastic properties
of RBCs under low-force loading conditions. Therefore, the optical tweezers was used alone without the
use of anchored-microsphere. This has significant technical advantage over the bead-method. For example,
local forcing of membrane as opposed to a broad area (contact area of bead) was achieved. In addition, the
variation in measurement is reduced as no bead-attachment is necessary. Furthermore, location of stretching
on the RBC membrane could be controlled unlike the bead method. However, this method requires accurate
modeling in order to estimate the dependence of force (on the RBC membrane) on the axial distances. Force
estimation is important from point of view of measurement of viscoelastic parameters.
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Fig 3. Finite element modelling of deformation of RBC due to local stretching. (a) FEM mesh
for RBC, (b) Finite element model showing deformation due to force of 1pN, (c) Force vs.
deformation at low force regime.
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3.2 Probing axial phase change during optical stretching of RBC

For mapping axial phase change due to optical stretching of RBC, RBC(s) sticking to the surface
of the coverslip were selected (Fig 4a). Figure (4b) shows interference fringe patterns of the unstretched
RBCs. Upon switching on the tweezers beam (Fig 4c) at beam power of 155 mW, the fringes in the stretched
region (marked by circle in Fig 4d) of the RBC are seen to bend. This is indicative of the change in thickness
of the local membrane. The unwrapped phase map is obtained in order to estimate the change in thickness
quantitatively. For a fixed axial position of the tweezers focus, the deformation was found to depend on laser
beam power.

+240 nm

Fig 4. (a) Bright field image of RBCs without stretching, (b) Interference fringes of unstretched
RBCs. (c) Bright field image with stretching beam on, (d) Bending of fringes (marked by circle) in
the RBC subjected to stretching at 155 mW beam power. Quantitative phase images of RBC with
tweezers focus (e) below 170 nm of the top membrane at arrow marked region, (f) above 250 nm of
the top membrane at arrow marked region. Scale bar is from -7 < 0 <z.
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The tweezers beam was moved in steps of ~80 nm in both outward and inward axial directions with
respect to the top RBC membrane. Figure 4¢ shows quantitative phase image of RBC with tweezers focus
below 170 nm of the top RBC membrane. The quantitative phase image of the RBC with tweezers focused
250 nm above the top membrane is shown in Fig 4f. The arrow points to the stretching location. Fig 5a
shows the plot of phase values as a function of tweezers focus with repect to the top RBC membrane layer.
While with increasing upward tweezers focus, the phase values increased linearly which saturated at 240nm.
Surprisingly, phase values decreased abruptly when the tweezers focus was lowered to 80 nm below the top
membrane layer. This indicated that even in low-load regime, the membrane deformability may not be same
for outward-pull vs inward-push. However, this may be attributed to additional deformation of the bottom
membrane layer (if the RBC is not fully-attached at the center) in response to the lowered tweezers focus. It
is important to note that the force (F = -Trap stiffness x Displacement) on the bottom-membrane is higher as
itis ~ 2pum away from the tweezers focus in contrast to the upper membrane. Figure 4b shows a schematic of
the hypothesis of additional buckling with change in focus position.

3.3. Anomalous membrane deformation with varying axial position of tweezers focus

In order to estimate membrane deformation due to upward pulling of the top-layer of RBC membrane,
let us consider the model shown in Fig 5b. Let the membrane is tethered as shown in left panel of Fig 5b.

a)

2.0 4

054

Phase Values

0.0

-0.5

-1.0 T T T T T
-200 -100 0 100 200 300

Position of tweezers' focus w.r.t top membrane (nm)

Fig 5. (a) Effect of changing trapping focus on membrane deformation. (b) Schematic of the
hypothesis of additional buckling with change in focus position. Left to right: Focus up, in

cente and focus down with respect to top membrane layer.

In this case, let X be the height, above the top non-deformed membrane layer, which is to be determined
and T be the thickness of the RBC at the site of stretching under un-stretched condition. It may be noted that
similar localized tether formation in liposomes, subjected to optical tweezers, has been reported [23]. Let the
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refractive index of the bulk of RBC be 1.37 and that of the membrane be 1.4. The reafractive index of the
surrounding medium is taken as 1.33. Now, the phase (®) at the stretching site can be calculated as follows,

@ =27/ M)* (Ang X + An, T), ©)
where, An, is the refractive index difference between the membrane and the surrounding medium (1.40 —
1.33 = 0.07) and An, is the refractive index difference between the bulk of the RBC and the surrounding

medium (1.37 — 1.33 = 0.04). Now, for known value of T, membrane deformation (X) can be detrmined from
the phase value @ using the formula:

X = {(OM2m)-An. T}/An, (10)

For determining the thickness (T) of unstretched RBC at the location of stretching, the initial value
condition, @ = 21/ L)* (An, T), was used. Figure 6 shows the estimated membrane deformation as a function
of height of the tweezers’ focus above the top membrane layer. The straight line represents fit to the data
for outward-stretching. Inspite of considering membrane tether formation with higher refractive index at the
stretched location, the deformation was found to be significantly higher than the tweezers axial displacement.
This anomaly can be attributed to the hypothesis that the membrane having high refractive index is pulled
beyond the center of the laser focus, in order to achieve maximum overlap of the membrane with the Rayleigh
range. This additional deformation may also be due to local rise in temperature. Though a temperature rise
of 1°C/100 mW has been measured [24] in liposomes irradiated with 1064 nm optical tweezers, the local rise
in temperature at the center of the laser focus can be significantly higher. Parametric studies with varying
laser power and exposure would be necessary in order to approve or disaaprove the role of photothermal
mechanism in enhancing the membrane deformation.

150 0

100 0

500 o

Membrane deformation (nm)

f;ﬂ ' fI)O ' ZOI 03 ' (:0 ' 40I 0
Height of focus spot w.r.t imaging plane (nm)
Fig 6. Effect of changing trapping focus on membrane deformation. The straight line represents

fit to the data for outward-stretching.

4 Conclusions

Digital holographic measurement of axial stretching of RBC, by optical tweezers without the use
of anchoring beads, was demonstrated. Even in low-load regime, the membrane deformability was found
to be different for outward-pull vs inward-push of RBC membrane. Inspite of considering membrane tether
formation with higher refractive index at the stretched location, the deformation was found to be significantly
higher than the tweezers’ axial displacement. This anomaly was attributed either to buckling of the membrane
tether beyond the center of the laser focus so as to achieve maximum overlap of the membrane with the
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Rayleigh range or to the local rise in temperature. Parametric studies with varying laser power and exposure
would be necessary in order to approve or disaaprove the role of photothermal mechanism in enhancing
the membrane deformation. Further, measurement of viscoelastic parameter requires accurate modeling
for estimation of force on the RBC membrane at various axial distances. Since the pathophysiology of
progression of diseases like malaria and cancer is reflected in the biophysical (both mechanical and material)
properties of the cells, it is possible to identify the changes by simultanecous measurement of refractive index
and elasticity using the optical tweezers-DHM approach.

Acknowledgement

The authors would like to thank Patrick Thomas for Finite Element Modeling support.

References

1. Park Y, Diez-Silva M, Popescu G, Lykotrafitis G, Choi W, Feld M S, Suresh S, Refractive index maps and
membrane dynamics of human red blood cells parasitized by Plasmodium falciparum, PNAS, 105(2008)13730-
13735.

2. Hoyt K, Castaneda B, Zhang M, Nigwekar P, di Sant’agnese P A, Joseph J V Strang J, Rubens D J, Parker K J,
Tissue elasticity properties as biomarkers for prostate cancer, Cancer Biomarkers, 4(2008)213-225

3. Airaksinen K E, Salmela P I, Linnaluoto M K, Ikdheimo M J, Ahola K, Ryhédnen L J, Diminished arterial
elasticity in diabetes: association with fluorescent advanced glycosylation end products in collagen, Cardiovasc
Res, 27(1993)942-945.

4. Barty A, Nugent K A, Paganin D, Roberts A, Quantitative optical phase microscopy, Opt Lett, 23(1998)817-819

5. Cuche E, Bevilacqua F, Depeursinge C, Digital holography for quantitative phase-contrast imaging, Opt
Lett, 24(1999)291-293.

6. Schnars U, Jueptner W P, Digital hologram recording, Numerical reconstruction, and related techniques, (Springer-
Verlag, Berlin Heidelberg), 2005.

7. Ashkin A, Dziedzic J] M, Bjorkholm J E, Chu S,Observation of a single-beam gradient force optical trap for
dielectric particles, Opt Lett, 11(1986)288-290.

8. Berns M W, Greulich K O, Laser manipulation of cells and tissues, Meth Cell Biol, Vol 82, (Academic Press),
2007.

9. Hochmuth R M, Micropipette aspiration of living cells, J Biomech, 33(2000)15-22.

10. Mathur A B, Collinsworth A M, Reichert W M, Kraus W E, Truskey G, Endothelial, cardiac muscle and skeletal
muscle exhibit different viscous and elastic properties as determined by atomic force microscopy, J Biomech, 34
(2001)1545-1553.

11. Usami S, Chen H H, Zhao Y, Chien S, Skalak R, Design and construction of a linear shear stress flow chamber, 4nn
Biomed Eng, 21(1993)77-83.

12. Mohanty S K, Uppal A, Gupta P K, Optofluidic stretching of RBCs using single optical tweezers, J Biophoton,
1(2008)522-525.

13. Henon S, Lenormand G, Richert A, Gallet F, A New Determination of the Shear Modulus of the Human Erythrocyte
Membrane Using Optical Tweezers, Biophys J, 76(1999)1145-1151.

14. Suresh S, Spatz J, Mills J P, Micoulet A, Dao M, Lim CT, Beil M, Seufferlein T, Connections between single-cell
biomechanics and human disease states: gastrointestinal cancer and malaria, Acta Biomaterialia, 1(2005)15-30.

15. Guck J, Ananthakrishnan R, Mahmood H, Moon T J, Cunningham C C, Kés J, The optical stretcher: a novel
laser tool to micromanipulate cells, Biophys J, 81(2001)767-784.

16. Mohanty S K, Mohanty K S, Berns M W, Manipulation of mammalian cells using single-fiber optical microbeam, J
Biomed Opt, 13(2008)054049; doi.org/10.1117/1.2983663.

17. Yu L, Mohanty S, Liu G, Genc S, Chen Z, Berns M W, Quantitative phase evaluation of dynamic changes on
cell membrane during laser microsurgery, J Biomed Opt, 13(2008)050508;doi.org/10.1117/1.2997375



Optical tweezers assisted stretching of red blood cells in low force regime quantified... 161

18. Yu L, Mohanty S, Zhang J, Genc S, Kim M K, Berns M W, Chen Z, Digital holographic microscopy for quantitative
cell dynamic evaluation during laser microsurgery, Opt Express, 17(2009)12031-12038.

19. Marquet P, Rappaz B, Magistretti P J, Cuche E, Emery Y, Colomb T, Depeursinge C, Digital holographic
microscopy: a noninvasive contrast imaging technique allowing quantitative visualization of living cells with sub-
wavelength axial accuracy, Opt Lett, 30(2005)468-470.

20. Ferraro P, De Nicola S, Finizio A, Coppola G, Grilli S, Magro C, Pierattini G, Compensation of the inherent wave
front curvature in digital holographic coherent microscopy for quantitative phase-contrast imaging, Appl Opt, 42
(2003)1938-46.

21. Goodman J W, Introduction to Fourier Optics, (McGraw-Hill, New York).1996.

22. Goldstein R M, Zebker H A, Werner C L, Satellite radar interferometry: Two-dimensional phase unwrapping,
Radio Sci, 23(1988)713-720.

23. Shitamichi Y, Ichikawa M, Kimura Y, Mechanical properties of a giant liposome studied using optical tweezers,Chem
Phys Lett, 479(2009)274-278.

23. Berns M W, Optical Tweezers: Tethers, Wavelengths, and Heat, Meth Cell Biol, 82(2007)457-466.

[Received : 01.02.2020; accepted : 12.02.2020]

Samarendra Mohanty

Dr. Samarendra Mohanty, is Founder-President and Chief Scientific Officer of Nanoscope Technologies and Nanoscope
Therapeutics, CEO of Nanoscope Instruments and Nanoscope Diagnostics and CTO of Opsin Biotherapeutics. He is an
Adjunct Professor at North Texas Eye Research Institute at UNT Health Science Center and former Professor (Physics)
at University of Texas, who held positions as Senior Scientist at RRCAT, Government of India and in various reputed
institutions. Dr. Mohanty is an inventor with many patents and serial entrepreneur and has successfully commercialized
several products. He has decades of experience on Biomedical technologies in Asia, Europe and US. He has authored
over 200 publications in journals and conferences. His research findings have been highlighted in hundreds of websites
and magazines including New Scientists, Nature Photonics, Wall street journal, Biophotonics, and Laser focus world. The
innovative research by Dr. Mohanty is funded by National Institute of Health, National Science Foundation, currently
he the PI on major grants from US National Eye Institute’s Audacious Goal Initiative and Bioengineering Research
grants. He serves on the editorial board of reputed journals and chairs international conference on optogenetics. He is
spearheading the clinical studies and commercialization of optogenetic therapies and label-free cancer diagnostics. He
has received many awards including 2019 Healthcare Heroes award from Fort Worth Business Press.

Nelson Cardenas

Nelson Cardenas obtained BS with Major in Physics and Minor in Mechanical and Aerospace Engineering from
University of Texas at Arlington. His research interest include Optical metrology and characterization of materials. He
shared the Robert S. Hyer award in 2011 with Dr Samarendra Mohanty given by American Physical Society.



.==‘ Asian Journal of Physics UL o s
‘qy,’ Vol. 29, Nos 1&2 (2020) 163-174
aj

f
A

p Available on: www.asianjournalofphysics.in

Characterization of a photophoretic optical trap in air by measuring motional
resonances of trapped absorbing mesoscopic particles

Souvik Sil, Prithviraj Basak and Ayan Banerjee
Department of Physical Sciences,
Indian Institute of Science Education and Research Kolkata, Kalyani — 741 246, India

This article is dedicated to Prof. Valery V. Tuchin for pioneering research in biophotonics, in the field of tissue optics
and tissue optical clearing, a recipient of OSA Michael S. Feld Biophotonics Award (2019)

The calibration of photophoretic forces using standard methods of measuring the Brownian motion is challenging since
any changes in laser power or other conditions lead to large changes in the axial equilibrium position of the trapped
position in comparison to the Brownian motion amplitude. We demonstrate an experimental method with much larger
signal to noise to determine the radial stiffness of an optical trap in air for absorbing particles based on photophoretic
forces generated using a Gaussian laser beam. To achieve this, we spatially modulate the trap potential with different
modulation frequencies and subsequently measure amplitude and phase response of a trapped particle. For analyzing
the particle’s response data, we perform a digital lock-in detection of the particle which analyses the system which acts
as a damped driven harmonic oscillator and also indicates a motional resonance of the trapped particle as a function
of modulation frequency. We obtain the stiffness of the photophoretic trap by determining the mass and the resonance
frequency of that trapped particle, and investigate the dependency of photophoretic trap stiffness with laser power.
This work provides a large signal to noise technique for finding out an optical trap potential for photophoretic forces,
which can be a promising application for the characterization of aerosol and bio-aerosol particles present in air. © Anita
Publications. All rights reserved.

Keywords: Optical tweezers or optical manipulation, Photophoretic forces,Instrumentation, Measurement and Metrology

1 Introduction

Optical trapping allows us to study individual particles isolating them from many known and unknown
perturbations, which increases the accuracy of the measurements [ 1]. In 1970, Ashkin first invented Optical
tweezers [2, 3] whose mechanism is based on radiation pressure forces, arising due to the momentum transfer
between the particle and photons. Optical tweezers (OT) has become a robust technique for the manipulation
of microscopic particles, and for precise measurements of femto-picoNewton forces which may arise from
surface forces such as the Van der waal force [4]| and hydrodynamic interactions which makes them very
useful for micro-rheology measurements [5]. They also have diverse applications in different fields ranging
from fundamental physics problems [6], to biology [7- 9], and also to nanofabrication and nanotechnology
[10,11]. Besides this, if we combine Raman spectroscopy with OT, then it becomes a powerful analytic tool
named Raman tweezers for the rapid characterization of biological, chemical, or pharmaceutical particles
in solution as well as in air [12,13]. But in most of the cases, optical tweezers have been used for trapping
particles in water.

However, recently, optical trapping of particles in air has led to enormous applications in different
fields such as particle transportation, remote sensing, etc., with possibilities of further development by
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performing optical spectroscopy on the trapped particles [ 14-18], specially on aerosol and airborne particles.
But, optical trapping of particles in air using radiation pressure force is quite challenging because the viscosity
of air is extremely low — as a result of which the diffusivity of the particles is very high, which requires very
steep confining potentials to trap particles in air. Thus, trapping of particles in air requires a mechanism
that gives a stronger three-dimensional trap to overcome the increased diffusivity of the particles. Recently,
photophoretic forces [19,20] have provided an alternate approach for trapping absorbing mesoscopic particles
in air. This is because these forces — having a thermal origin — are almost five orders of magnitude higher
than the optical radiation pressure or dipole forces acting on particles of the same size. So, these forces can
easily balance the gravity and, recently, extensive use has been made to trap [21], controllably manipulate
[22], and even rotate [23] particles in air using straightforward experimental configurations. Note that the
experiments involving manipulation with photophoretic forces do not require high numerical objective lenses
for obtaining diffraction-limited focal spots as is typically required in optical gradient force trapping.

Moreover, to use optical tweezers as a technique for precise measurement of force for different
application, we need to know the optical trap stiffness as well as the trap potential. So far, several techniques
have been developed to measure trap stiffness with considerable success. For example, we know that all
trapped particles, regardless of their size, must undergo random (Brownian) motion in the trap. Given this,
methods which determine the noise power spectral density [24] have been developed for recovering the
trap stiffness by analyzing the motion of a trapped particle in the frequency domain. Furthermore, there
also exists the “Viscous drag method’ [25], which is widely used to calibrate the stiffness of an optical trap
under a harmonic approximation. Indeed, in our previous work [26], we have measured the trapping force
of a trapped particle in air using the viscous drag method. Again, trap stiffness can also be determined
using the equipartition theorem by equating the thermal energy experienced by the trapped particle in a
fluid with the potential energy of the optical trap. One can also directly find out the potential energy of the
trap by measuring the trapping force experienced by the particle as a function of its position in the trap
[27]. But, the measurement of the trap stiffness (k) by these methods demands a precise knowledge of the
coefficient of viscosity. Additionally, techniques based on measuring the Brownian noise suffer from lack
of signal to noise since the Brownian motion is of very small amplitude (typically a few nm), and very
large averaging times may be required to gather sufficient signal. This is problematic for the calibration of
photophoretic forces since slight variations of beam intensity or other perturbations may result in substantial
changes of the equilibrium position (compared to the amplitude of Brownian motion) of the trapped particle,
thus rendering the measurement of the Brownian motion very challenging. For this reason, there exists very
limited investigation of the optical trap potential induced by photophoretic forces for trapping particles in
air. In this work, we attempt to overcome this problem by inducing a motional resonance in a single trapped
particle in order to study the nature of radial trapping due to photophoretic forces. Thus, we modulate a
trapped particle with a sinusoidal driving force and measure its amplitude and phase response. We observe
a motional resonance in the particle response as a function of the driving frequency. By fitting the particle
response with the standard response function of a forced driven oscillator, and determining the mass of the
particle from images, we find out the trap stiffness at different trapping laser powers. Recently, Lin et a/
[29] have measured the trap stiffness and mass of an absorbing microparticle trapped in air by modulating
the intensity of the trapping beam and subsequently fitting the experimental data of the amplitude versus the
modulation frequencies invoking a simple spring-mass model, but have not observed any resonance effects.
Moreover, this method has an inherent disadvantage in causing the axial equilibrium position of the particle
to shift with the changing intensity of the laser, thus invariably leading to problems in tracking the radial
position of the trapped particle. We, however,spatially move the trapping laser beam so that the particle must
follow the beam in order to remain trapped and essentially maintain the same axial position, and then measure
the trap stiffness from both the amplitude and phase response of the trapped particle. We go on to find out
that the phase measurement is more accurate compared to amplitude measurement for characterizing our
photophoretic trap system.
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We organized the paper as follows. In section 2, we discuss photophoretic forces and the trapping
mechanism. In section 3, we discuss the experimental setup and procedure. In the next section we discuss the
method of analysis followed by experimental results and finally conclude our work.

2 Theory of photophoretic forces and the trapping mechanism employing these forces

The literal meaning of the word ‘Photophoretic’ [19] is light induced motion. When an absorbing
particle (surrounded by fluid molecules) is illuminated by an intense light source, a temperature distribution
may arise across the particle due to absorptivity at that particular wavelength of light. This may lead to a non-
uniform exchange of momentum with the surrounding molecules. As a result, an unbalanced force, called
the photophoretic force, acts on the particle, and can [20]. Moreover, this photophoretic force depends on
two parameters: a) the surface temperature distribution of the particle, and b) the thermal accommodation
coefficient (o) which measures how much heat exchange occurs between a particle and a gas molecule per
collision. For example, if a temperature gradient exists across the particle surface due to a non-uniform
illumination incident on the particle or due to the particle’s morphology and absorptivity, then gas molecules
which interact with the higher temperature surface of the particle have a larger speed after interaction compared
to those interacting with the lower temperature surface of the particle. Thus, a net force is imparted on the
particle pushing it in the direction of its colder side. As this force depends only on the surface temperature
distribution of the particle, it is called the ‘photophoretic AT force’. Note that, here the accommodation
coefficient of the particle remains constant. In addition, even if the particle’s surface temperature is uniform,a
photophoretic force will act on the particle depending on its accommodation coefficient. This accommodation
coefficient varies from 0 to 1, with a higher value of o implying a higher heat transfer rate. Now, let us
consider a particle with a constant temperature across its surface, but having a non-uniform o, with one
half having a higher accommodation coefficient than the other. Thus, fluid molecules interacting with the
hemisphere having higher o would attain a larger momentum kick than those interacting with the other
hemisphere. Hence, the resulting force is directed from higher to lower a and is thus called the ‘photophoretic
Ao force’ [19,20].

However, here we use printer toner particles which have a dimension between 8§ — 12 pm and also
have very high absorption at our operating wavelength 640 nm . In our experimental configuration [25, 28], we
trap particles in air using a vertical configuration, where, the particles fall under gravity(— Z direction), while
the laser beam travels in the + Z direction which we describe in detail later. So, in this scenario, the particle
is axially in equilibrium since the gravitational force balances the radiation pressure force and the combined
longitudinal component of the photophoretic forces (AT and Aa). Thus, there is only optical levitation along
the axial direction, which also implies that when the intensity of the trapping laser is modified, the particle
should seek a different spatial region of the trapping beam which has the same intensity so as to balance the
gravitational force due to its mass. Thus, any change in beam power due to drifts/noise in the trapping laser
or intensity modulation should result in a reorientation of the particle at a new axial location of the trapping
beam profile. In the radial direction, the absence of a balancing force (such as gravity), implies that there
must be a restoring force in order to confine particles in this direction. It is because of this reason that we
obtain different particle manipulation speeds in the axial and radial directions in our photophoretic force-
based trapping system [27]. This also implies that any measurements which involve intensity modulation of
the laser beam in order to characterize the radial trapping force are problematic since they essentially imply
a change in the axial position of the particle so as to couple the two types of motion of the particle.

Now to understand how the restoring force arises, let us consider that the particle has two different
a’s (o and o). If, o> ay [see (Fig 1 b)], Fu, is directed from a; to a,. As from the figure [Fig 1( b)], when
the longitudinal component of F,, (Fa, ) and gravity (Fg) are in opposite directions, and the displacement
between the point of action of these two forces is vector g, a torque is created on the particle which leads to
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rotation of the particle either in a clockwise or anticlockwise [Fig 2(b)]. In addition, due to the interaction of
the transverse component of F,, (Fp,r) and Fg, the particle acquires a complex rotational motion which is
responsible for radial trapping. Furthermore, due to the rotation of the trapped particle, its radial position is
shifted off-axis with respect to the center of the trapping beam which is shown in [Fig (1 a)] [28].

Z 1 Far + Fp

Fig 1. (a) Schematic of the balancing of force in an photophoretic trap in a vertical configuration
(b) Demonstration of how the torque induced on the particle causing it to rotate which leads to
restoring force in radial direction.

In this paper, we present a quantitative measurement of the stiffness of the photophoretic trap as
well as the nature of the restoring force, i.e. the trapping potential, by a new method hitherto unused in the
literature.

3 Experimental setup and procedure

In our earlier work [29], we have suggested that a particle experiences a linear restoring force in
the photophoretic force-based optical trap. Thus we can assume that for small displacements, the system
behaves like a damped (the damping arising due to the viscosity of air) harmonic oscillator. If we modulate
the trapping laser spatially, the center of the trapping potential moves to impart an additional driving force on
the particle. In the harmonic regime of the trapping potential, the system is therefore expected to behave like
a damped driven harmonic oscillator. In our experiment, we use printer toner particles whose main ingredient
is Carbon, and the morphology of the particle is asymmetric. The size of these particles varies between 8 to
12 pm, and they often merge to form larger aggregates. An SEM image of these toner particles is shown in
Fig (2a). Here, we use a diode laser of wavelength 671nm with maximum power 300mW for trapping these
particles which have very high absorption at our operating wavelength (671 nm) as is shown in the absorption
spectra displayed in Fig (2b). A schematic of the experimental setup involving a trapping laser, detection
laser, imaging system, and position detection system is shown in Fig (2c).

First, we align the trapping laser using two mirrors M1 and M2 so that the beam passes through a
combination of a half wave plate and polarizing beam splitter so that the power can be varied precisely. Then,
the beam is sent vertically upward where the alignment is very crucial to have a stable trap. Next, the laser
beam is focused through a plano-convex lens of focal length 25mm. A trapping chamber made by attaching
four transparent glass slides with each other is placed over the convex lens (LO) using a holder such that
the beam is focused inside the chamber. A small amount of toner particles in powder form is placed around
a small aperture on top of the glass chamber and a glass lid is placed over it. When we perturb the glass
lid, the particles fall through the hole along the beam and when the gravitational force is balanced by the
photophoretic force generated by the laser, some of the particles are trapped.

Now, to measure the spatial response of the particle under external modulation of the trapping center
as well as to get a sharp image of the particle, we use a CW diode laser of wavelength 780 nm for detection,
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which passes horizontally through the trapping chamber ensuring that the trapped particle creates a sharp
shadow. Moreover, as the particles have different sizes, their masses are different, so that the particles would
trap at different intensity region along the propagation direction. This necessitates the constant adjustment
of the height of the detection laser beam, for which we attach a motorized stage with the mirror M4. Thus,
we ensure that the beam is propagated in such a manner that the particle always creates a sharp shadow with
good contrast at a plane outside the trapping chamber. Then, the shadow is focused using a two-lens system
involving a 10x microscope objective and a 25mm lens to magnify the image incident on the QPD. This is
required as the QPD has a minimum size of image/shadow below which it does not function. To ensure that
the shadow of the trapped particle is at the center of the QPD, we use a CCD camera which we insert in the
same path by using a flip mirror. Note that as the image is focused at the QPD detection plane, we can keep
the same distance of QPD and CCD from the flip mirror, such that when we get a sharp image of the particle
on the CCD, it automatically implies the same on the QPD plane as well.

c) QPD Flip Mirror
By L3
Ciinera \ Sample Chamber
Piezo " \ s

Mirror

I b) gl;?\cezt;g:or M3 L1
S okl # T N . Detection
< | .
= 09 ! - Laser
2
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£ 07 i z M2
] "
0.6 i Trapping
I Laser
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Fig 2 (a) SEM image of the toner particles (b) UV-VISIBLE Absorption spectrum of toner particles. The red dotted
lines indicate the absorption value at 671 nm wavelength (c) Schematic of the experimental setup with lock-in
detection. M: plane mirror; PBS: Polarizing Beam Splitter; L: Plano-convex lens; QPD: Quadrant Photo Detector.

In order to provide an external modulation to the trapping beam, we use a piezo-electric actuator
attached to the mirror (M2) which reflects the beam in the direction vertical to the convex lens. By applying
a sinusoidal signal to the actuator through a signal generator, we modulate the trap center spatially. It is
important to mention here that the spatial change of the point where the beam is focused depends on the
change in incidence angle, and not on its parallel displacement — a fact we verify this experimentally (note
that if the beam is moved parallel to its initial angle of incidence, it is focused at the same point with only the
intensity profile becoming slanted with respect to its initial distribution). Note that an important aspect in our
technique is to ensure that the axial position of the particle remains unchanged as we modulate the beam. We
achieve this by ensuring that the image (shadow) of the modulated particle does not go out of focus of the
CCD that we use to align the QPD. Thus, when the particle is in focus continuously, one can conclude that it
is moving in a single plane. Other than this, we also consider a couple of other systematics which include the
time lag between the input to the piezo-electric actuator and the motion of the beam, and the variation of the
amplitude of oscillation of the piezo-electric actuator as a function of frequency. For checking the latter, we
place a transparent simple glass slide at the sample chamber region after the convex lens (LO). We change the
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angle of the glass slide in such a way that the reflection of the trapping beam passes through the 10x objective
and falls on the QPD. The amplitude response of the piezo is shown in Fig (3a).

—8— X direction
0.5 —&— Y direction

Amplitude of Modulation

100 200 300
Trequency ol Modulation (IT2)

(a)

S Bl

(b)

Fig 3. (a). Response of the piezo-electric actuator for different frequencies, (b) Image of a trapped
particle using detection laser

From Fig (3a), we observe that the piezo response is flat up to 240 Hz, but it shows a sudden increase
in amplitude between 250 Hz and 300 Hz. Thus, we restrict our study below this voltage range of the piezo.t)

In the experiment, we first trap a particle at laser power 120 mW and subsequently image it on the
CCD camera using the detection laser. A trapped particle’s shadow which gives a bright morphology with the
detection laser is shown in Fig 3 (b). Once we obtain a sharp image of the trapped particle and ensure that it
does not go out of focus as we modulate the trapping beam, we align the QPD with the detection laser, and
go on to spatially modulate our trapping laser sinusoidally with a modulation frequency ranging from 15 Hz
to 240 Hz, and subsequently observe the response of the trapped particle. Note that we simultaneously record
the input signal from the signal generator and the response signal from the QPD with the help of an NI DAQ
USB 6356 data acquisition card through the MATLAB software. In the next section, we discuss the analysis
of the experimental data.

4 Experimental result and analysis

We have previously mentioned that for small oscillations, the system behaves like a damped harmonic
oscillator, and the small spatial modulation of the trapping laser imparts an additional driving force on the
particle. However, the driving force is not directly acting on the particle — rather it is a result of the motion
of the trap center. The particle essentially follows the beam, as the latter is modulated. We now show that
for a small driving force that is harmonic in nature, moving the trap is equivalent to moving the particle
itself, both approaches are equivalent. Now, let us assume that a particle of mass m is trapped in potential
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V(x) = 1/2 kx* where k is the stiffness of the trap. If an external driving force F, cos(wf?) is applied on the
particle then the equation of motion becomes,

mx + yx + kx = Fy cos(wf) (1
where, y is the damping coefficient, and w is the external angular frequency. Again, if we consider the motion
of the trap center to be x, cos(wf?), then the equation of motion can be rewritten as,

m[x —x, cos(wf)]) + yx + kx=0 (2)

=> mx + yx + kx = mw? xo cos(wf) 3)

which is equivalent to the usual damped driven harmonic oscillator and in the steady state satisfy the following
solution

x(1) = Acos(wt — @) “4)
So, the amplitude and phase response of the particle becomes
0]
A= Fojm And  ¢=tan’! (2—62) ()
J((W% B WZ) + wzéz) wy — W

where, w, = Jg is the natural frequency of the particle and {= y/m

One can measure the amplitude and phase of a trapped particle in a harmonic trap potential by
fitting the Eq (5) to the experimental data. Indeed, one can determine the trap stiffness by measuring the
power spectrum density of the Brownian motion of a trapped particle using a detection laser and a QPD, but
in our system the detection laser is itself modulated at a different frequency. Thus, the study of Brownian
motion using our experimental setup would be problematic since the Brownian response of the particle at off-
resonant frequencies would be much smaller than that at the resonant frequency. So, we perform the stiffness
measurement by a lock-in detection technique, which provides system information with much larger signal
to noise than the PSD technique. The basic idea of lock-in detection is to excite a system using an external
signal of varying frequency and determining the frequency at which the particle response is maximum —
which corresponds to the natural frequency of response of our system. The added benefit is that one can
isolate the response of the system to only the external excitation frequency, and thus reduce the effects of
white noise considerably so that the SNR is increased significantly. A block diagram of our lock-in detection
algorithm is shown in Fig 4 (a).

signal
Inputo > System }g ® X|
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L N Pass
. —a Amplitude
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(el
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L

signal ¥y

Fig 4. Block diagram of lock-in detection method.

As we can see from the figure, a lock-in detection system involves a signal generator which is given
both as a modulation frequency to the particle whose response is to be measured, and a reference frequency to



170 Souvik Sil, Prithviraj Basak and Ayan Banerjee

the detector.The resulting response is divided into two,with one part multiplied with the original modulation
signal and the other with a signal /2 phase shifted from the original signal. Thus, we consider an input
reference signal 4Asin(wy?), for which the response of the system is at Bsin(wt + ¢) + C, We proceed to carry
out a simulation of this system, where, for simplicity, we assume @ - @, and C = 0 (zero dc offset). Then, after
multiplication of the response signal and reference signal, we obtain,
AB AB _ . )

X="5" [cos(¢) — cosRawot + ¢)]  And y="5 [sin(¢) + sin(Qawyt + ¢)] (6)

After that, we integrate the signal over a large enough time and take its time average so as to retain
only the DC component (in experiments, doing this also reduces the low frequency random noise). So, after
these operations, x and y becomes

AB AB .
X =5 [c0S(9)] And g, =5 [sin(g)] ©)
Thus using the values of x,,, and y,,, , we can find out the amplitude and phase of response of the
system with respect to the input reference. In the simulations, we observe that when we provide a certain
input wy, the algorithm is able to retrieve it within 1% of the actual value with 95% confidence .

2
So, Amplitude B = 1 m And Phase ¢ = tan™! (yavg) ®

Xavg

However, as we already discussed in experimental setup and procedure section, we spatially
modulate our trapping laser sinusoidally and measure the response of the trapped particle over a range of
frequencies. Before saving the data at each modulation frequency, we display the data to check whether the
particle has moved out of the field of view in which case we discard the particular set of data.

In the experiment, we use a Hamamatsu (C10443-06) four segment Si photodiode (QPD) which has
four channels, say A, B, C and D. If we call the horizontal direction on the QPD to be our x-axis, and the
vertical one to be our z-axis, the displacements along these two axes are given as,

(B+C)—(A+D) (4+B)-(C+D)
TATBICHD And, - Z=TRRiC D ©)

Using the above formula, we find the x and z displacements of the particle under modulation. But
here our interest is only in the x displacement of the trapped particle, and we ensure that the z-displacement is
close to zero. In the next step, we multiply the QPD signal with a reference signal ref, and a n/2 phase-shifted
version of the reference signal ref,, where,

ref, = A sin2zft + ¢) And,  ref, = A sinQ2afi + ¢ + n/2) (10)
Then, as described in our algorithm, we multiply the particle displacement data x with ref, and ref,,

take a time average of the resultant signals, and find out the amplitude and phase response of the particle with
respect to the reference signals (Eqs 8).

x=

We trap several particles in our setup and take the corresponding data for different frequencies and
perform lock-in detection. Initially we observe the response of a particle to follow the model of the damped
driven oscillator with respect to amplitude and phase variation. Note that the inherently asymmetric shape
of the particles makes it challenging to calculate the mass (from shape estimation and known density value),
so we typically use particles which have comparatively regular shapes. Now, since the smaller the particles,
the higher is their resonance frequencies which are often beyond the regime within which the piezo-electric
actuator has a linear response, we selectively trap particles of relatively larger diameter of around 15 pm
or more and the study the same. The amplitude and phase response of a trapped particle at a constant laser
power are shown in Fig 5 (a) and (b). The responses are subsequently fitted using Eq (5). Thus, from the fit
parameters A and ¢, can measure the corresponding resonance frequency .
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Fig 5 (a) Amplitude vs frequency plot of a particle for 7SmW trapping power. (b) Phase vs frequency plot
of a particle for 7SmW trapping power.

The experiment is repeated for multiple particles over a range of frequencies starting from 15 Hz
to 240 Hz as we are limited by the response of our piezo-electric actuator. We collect data for two different
powers for each particle. To find out the size of a trapped particle, we simultaneously take images of that
trapped particle with the acquisition of the displacement data of the particle. We now describe the method
which we use to find out the size of the particle. Figure 6 (a) shows an image of a micrometer scale where the
distance between two consecutive dark lines is 10 um. From this image we can calibrate the field of view of
the camera. Now, Fig 6 (b) and (c) are two images of the same trapped particle for two different orientations.
By using the calibration factor for pixels to microns, we determine the area and average width of the particle
for these two orientations. Then, we calculate the volume of the particle from two approaches. The first is
by approximating the particle as a parallelogram. In this approach, we multiply the measured area from one
orientation by average width from the other one to determine the average volume from the two different
combinations. In the other approach, we approximate the particle as a sphere and determine the radius of the
particle from the area of the particle assuming the shadow to be a disk, so that we can go on to determine the
volume of the particle. Finally, we take the average of the volumes obtained using these two methods, and
find out the mass of the particle by multiplying the average volume with the density of the particle.

Fig 6. (a) Photograph of micrometer scale, (b, c¢) Photograph of trapped particle from two different angles one angle.

Table 1 shows the variation of trap stiffness for different particles for different laser powers. From
the experimental data we can clearly conclude that the variation in resonance frequency is linear with change
in power. This is consistent with our previous observations [29]. Moreover, the resonance frequency is
also proportional to the local intensity experienced by the particle. In addition, we measure the resonance
frequency for different sizes of particles which are trapped at the same laser power of around 120 mW,
Table 2. We also estimate the mass of each particle from its volume measurement by the sphere and
parallelogram approaches described above, and assuming a density of 1440 kg/m>. The values of the errors
in the calculated mass of the trapped particles arise from the standard deviations in the volume estimations.
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The errors in resonance frequency are obtained from the fitted values of amplitude and phase with the
corresponding errors added in quadratur. Each value of w,. in Table | is the average of three individual
measurements for each particle at each power.

Table 1. Result of lock-in detection showing the variation of stiffness and resonance frequency with laser Powers .

Resonance Frequency (Hz)

Set  Trapping Power Stiffness Ratio of .
Mass (k Ratio of
No (mW) k&) Fom o Phase  (PNum)  Power
Amplitude
118 125.3 126.3 12.81
1 2.04 E-11 1.662 1.689
71 74.2 75.1 4.52
120 142 139.6 18.25
2 2.37 E-11 1.690 1.638
71 86.7 85 6.77
116 116.2 114.4 14.45
3 2.77 E-11 1.813 1.456
64 79.8 81 7.89
98 107 104.3 12.2
4 2.81 E-11 1.307 1.328
75 79.82 79.8 7.06

Table 2. Variation of resonance frequency with mass of the particle

Set No Mass (kg) Resonance Frequency (Hz)
1 (1.820.07) E-11 134.2 (1.82)
2 (1.94 0.06) E-11 136.4 (2.2)
3 (2.04 0.06) E-11 126.3 (1.0)
4 (2.120.08) E-11 125 (1.3)
5 (2.77 0.06) E-11 116.2 (1.8)
6 (2.810.07) E-11 107 (2.7)
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Fig 7. Resonance frequency vs. mass plot of different particles irradiated by similar power.

Using data of Table 2, we plot the variation of the resonance frequency of different particles with
their masses for similar power of around 120 mW , Fig 7. We fit the plot of resonance frequency vs. mass of

1
the trapped particle using the formula = Z\/% We observe some variation of stiffness for particles having
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similar mass, suggesting that the stiffness may be dependent not just on the mass, but also on the morphology
of the particle, since the latter deeply affects the body force (o) which is responsible for radial trapping. These
observations need further investigations for better understanding. However, it is clear that by employing our
lock-in technique, we can measure the trap stiffness and also find out the trap potential which is harmonic for
small trap displacements.

4 Conclusion

We develop a lock-in based technique to determine the stiffness of photophoretic force-based optical
traps in the radial direction with respect to the trapping beam axis. We modulate the optical trap spatially in
order to ensure that the particle does not move in the axial direction and thus eliminate cross-talk between
the radial and axial trapping forces during the measurement of the former. Our method has higher SNR as
compared to techniques typically employed for the characterization of optical traps based on the analysis of
the Brownian motion of the trapped particles. We demonstrate the existence of a motional resonance in the
motion of a trapped particle which has amplitude and phase characteristics similar to that of damped driven
harmonic oscillator. From the amplitude and phase responses of the resonance as a function of frequency,
we determine the stiffness of the trap for different absorbing toner particles for different values of trapping
power. Our results indicate that the radial stiffness that the particle feels inside the trap may not be just
due to its mass, but also due to morphological factors which require further investigation. Our system and
measurement technique can thus quantify the motion of a photophoretically trapped particle accurately and
can be easily deployed towards the characterization of aerosol and bio-aerosol particles in air.
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Any rigid body can have three degrees of rotational freedom, which in the nomenclature of the airline are yaw, pitch
and roll. Among these, the yaw degree of rotational motion has been extensively studied in the optical tweezers
community. Generation of the pitch and the roll degrees of freedom has so far remained elusive in spherical particles.
We have generated the pitch degree of rotational motion by using two trapping beams placed next to each other into
which the particle is simultaneously trapped and then moving the focus of one of the trapping beams deeper. We have
successfully generated this pitch motion for extended objects and even spherical birefringent microparticle. © Anita
Publications. All rights reserved.

Keywords: Optical tweezer, Pitch motion, Optical trap, Birefringent particle.

1 Introduction

Optical tweezers are very useful for micromanipulation. It can not only be used to move and apply
forces on particles along the three translational degrees of freedom but also rotate particles [1]. There are
three rotational degrees of freedom of a rigid body, namely the yaw, pitch and roll in the nomenclature
of the airline [2]. Among these, the yaw has been explored extensively with torque wrenches developed
to apply controlled torques. Numerous problems are being addressed by the rotational optical tweezers
with applications in the disciplines of physics [3-7] and biology [&]. However, the pitch and roll degrees of
freedom are yet to be explored in great detail.

Pitch rotation was recently detected in spherical birefringent microspheres by using the asymmetry
in the backward scattered pattern under crossed polarizers [2]. The angle of rotation was found to be
proportional to the degree of asymmetry of the signal detected by video microscopy and subsequently used
to ascertain that the motion of the kinesin molecule on a microtubule in-vitro does not cause substantial
pitch rotation of the cargo, as is expected. While the asymmetry in the backward scattered pattern under
crossed polarizers is useful to detect rotation after the particle is rotated, there have so far been no schemes
to controllably generate pitch motion. The ideas to generate such motion by using a trapping beam where
the polarization turns in the pitch sense have too low ellipticity at the central location of the beam to turn the
particle [9].

It is in this context, that we place our technique where we trap the particle, either elongated or
birefringent spherical, with two optical traps bearing the same polarization and focused at the same trapping
plane and then subsequently moving the trapping plane of one of the beams deeper to rotate the particle
controllably in the pitch sense. With this technique, we not only show that an extended particle can be
controllably turned but even a spherical birefringent particle, thus implying that the similar polarized beams
grip the birefringent particle properly.

Corresponding author :
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2 Experimental details

A solution (20pl) of spherical birefringent particles suspended in distilled water is transferred to a
glass slide (Blue star, 7Smm % 25mm X 1.1mm) and a coverslip (Blue star, number 1 size, english glass) is
placed gently on top of the solution which sticks to the glass slide due to surface tension of water. The particles
are trapped using an optical tweezer kit (OTKB-M, Thorlabs USA) with inverted microscope configuration.
An oil immersion 100%, 1.3NA objective from Olympus is used for focusing the laser beam as shown in
Fig 1, a condenser lens objective (E plan 10x, 0.25 air-immersion) from Nikon is also used to collect the
scattered beam which is then reflected using a dichroic mirror and fed to a quadrant photodiode (QPD). The
sample chamber (volume between the glass slide and coverslip) is illuminated using an LED lamp coupled
with dichroic mirrors and the light is collected by the CMOS camera as shown in Fig 1.

Two trapping lasers of wavelength 1064nm(L1) and 980nm(L2) were used in the experimental
setup. The laser L1 is a diode laser from Lasever which typically has a maximum power of 1.7 Watt with
about 400 mW power in the sample plane. Plano-convex lenses followed by a half-wave plate were used to
control the position of focus and the polarization of L1. Polarization beamsplitter and a 50-50 beam splitter
couples L2 and L1, polarizations of L1 and L2 are also maintained throughout the path as shown in Fig 1.
Dichroic mirror directs both L1 and L2 to the objective and allows us to trap particles in the sample chamber.

1064nm
Filter QPD
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B
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Condenser (10X)

Sample stage

Laser
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Fig 1. The schematic of the experimental setup. Spherical birefringent particles trapped in the sample

chamber with two lasers L1 and L2 to perform a controlled pitch motion.

Spherical liquid crystalline particles are made using RM257 (Merck) precursor powder. For the
preparation, 150 ml deionized water and 50 ml ethanol with 99% purity were heated to 75°C and 55°C,
respectively at the same time. When the ethanol reached 55°C, we added 40 mg of RM257 powder and
used a magnetic stirrer in the beaker to dissolve the powder properly. Once the powder is dissolved, the
whole RM257-ethanol mixture is added to the de-ionised water drop by drop. This process turns the solution
from transparent to milky white. Now we cover the mouth of the beaker with an aluminium foil, make a
few perforations for allowing evaporation of ethanol and wait for the solution level to get back to 150 ml.
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Once the ethanol is evaporated, we allow the solution to cool and store at room temperature. The resulting
birefringent microspheres have sizes ranging from 800 nm to 1200 nm. In order to obtain bigger particles,
one can increase the amount of powder added or increase the evaporation time.

The core idea to generate the pitch motion is to use two traps and manipulate one of them pivoting
the other. We have presented a proof of concept by generating a controlled pitch motion of an elongated
asymmetric particle and extended the same technique to spherical birefringent particle. As depicted in Fig 2, a
5 micron asymmetric particle is trapped using two lasers L1 and L2 on left and right ends, respectively. The
initial position of the particle is considered as the reference (D = 0) for further calibration. The laser L1 is
defocused manually by adjusting the position of the movable lens as shown in Fig 1. The distance moved by
the lens is correlated to the distance moved by the focus, which in turn displaces the particle from reference
plane as shown in Fig: 3(b),(c). Therefore, the smallest distance moved by the lens (Least Count of the screw
gauge) limits the control we have over the pitch angle. The polarizations of the two trapping beams are
identical and aligned with either the major axis of the elongated particle or the axis of birefringence of the
spherical particle.

The elongated particle used in the experiment was generated when two birefringent particles were
trapped using two high intensity laser traps placed very close to each other. We found that one of the particles
melted in the heat of the tweezers and fused with the other particle giving it an extended shape. Since the
shape looked suitable for our purposes, we used this particle to test our technique.

3 Results and Discussion

The elongated particle is trapped by two lasers simultaneously one on each end of the major axis of
the particle. When the focus of L1 on one end (left) starts sinking deeper from the reference plane keeping
the focus of L2 unaltered, the major axis of the particle also aligns to the line joining the foci of the laser
traps performing pitch motion as shown in Fig 3(b). The particle can only be trapped at the focus, moving
away from the focus of the laser decreases the strength of the trap. The pitch angle is also restricted by the
distance moved by the focus of L1 from the reference plane. As we increase the distance of focus of L1 from
the reference plane the extreme end of the particle will have both vertical and horizontal motion. The vertical
distance is equal to the distance moved by the focus of L1(D) and horizontal distance depends on the pitch
angle(0) and length of the particle(L) given by the expression L(1-cos(0)). The trap cannot hold the particle if
the horizontal distance is greater than the spot size of the trap. So we have an upper bound on depth D <D,
(# Length of the particle: L) where the particle escapes from the L1 trap since L1 has no lateral movement.
As the pitch angle approaches 90° focus of L1 is expected to be right below the focus of L2. The upper limit
for the pitch angle is provided by Dy, here the limit is around 60° (D, = \3L/2).

The pitch motion of elongated/asymmetric particles is relatively simple to observe with video
microscopy as one end of the particle remain focused while the other starts defocusing or vice versa. The
pitch motion of spherical particles cannot be detected through video microscopy as the particle is symmetric
and remains same before and after performing pitch motion. The spherical birefringent particles doesn’t
affect the total intensity of the back scattered light while performing pitch motion as shown in Fig 4(f). The
pitch motion of birefringent particles can be detected by measuring the asymmetry of the back scattered light
pattern visible under cross polarizers [2]. The aforementioned technique is employed to generate pitch motion
in spherical birefringent particle as shown in the schematic 4(a),(b). The particle picks up an asymmetry in
the cross-section without affecting the total intensity of the scattered light confirming the pitch motion as
shown in 4(d),(e).

We can use the aforementioned two trapping-beams configuration to apply controlled rotational
pitch torques on spherical particles. One particular application of such rotational loads arises in the study of
tug-of-war inside the cell where molecular motors like dynein and kinesin compete with each other while
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carrying cargo [ 1 0]. Typically controlled translational loads can bias the direction of motion of the cargo [ 11].
However, rotational pitch loads have not been explored. We can apply controlled pitch loads on the spherical
birefringent particle and ascertain whether that influences the tug-of-war too. We expect that molecular
motors on one side of the particle shall be stretched to the extent of detaching while the other side might
remain intact. We can get an idea about the elasticity of the motors while carrying cargo.

Fig 2. Snapshot of a 5-micron wide irregular particle undergoing pitch motion by controlled defocusing of
L1 on one end (left) and pivoting the other end (right) with L2. Both the lasers are focussed on the same
plane to grip the particle when (a) the distance moved by focus of L1 (D) is zero. (b), (c), (d), (e) & (f)
are the images captured while defocusing and the focus of L1 is at a distance 0.5um, 1um, 1.5um, 2um
and 2.5um below the reference plane, respectively. (g), (h), (i), (j) & (k) are the images captured while
refocusing and the focus of L1 is at a distance 2pum, 1.5pum, 1um, 0.5um and Opm, respectively.

(a) - -E—)-—'

(b) —

Fig 3. Schematics of the trapped elongated particle (a) at the reference plane (D = 0), (b) below the
reference plane (D < 0) and (c) above the reference plane (D > 0).
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Fig 4. Schematics of the trapped spherical particle when L1 (focused laser on left) is (a) at the reference plane, (b)
below the reference plane and (c) above the reference plane. (d) & (e) Figure depicting pitch motion of the spherical
birefringent particle. (f) The overall intensity of the scattered light remains the same for the particle when it executes
pitch motion, but then there will be an asymmetry developed in the cross-section of the particle visible under cross

polarizers.

Fig 5. The distance (D) moved by the focus of L1 vs pitch angle of the asymmetric particle trapped
with two lasers (L1 and L2).
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Thus, to conclude, pitch rotational motion could be successfully generated on an asymmetric 5
micrometer sized object to turn it by about 60 degree. We could also turn a spherical birefringent particle
of about 3 micrometer diameter using the two trapping-beams scheme which was detected by observing the
asymmetry in the pattern of light scattered by the particle when placed under crossed polarizers. This scheme
to generate pitch motion can be used wherever controlled pitch torques are required like for example in
biological experiments biasing tug-of-war of molecular motors.
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Copper nanoparticles (CuNPs) are among the various nanoparticles that might be used in the field of healthcare. The
chemical and physical properties of these nanoparticles can be tailored by controlling their size and surfaces. This study
is aimed to synthesize biocompatible copper nanoparticles using an easy and efficient single step, green chemistry-based
approach. The leaf extract prepared from an aromatic medicinal plant, Pimenta dioica was used in the fabrication of
these nanoparticles. The crystalline structure of the synthesized nanoparticles was confirmed using the X-ray diffraction
technique. The size of these nanoparticles was estimated by electron microscopic images. Fourier transform infrared
spectra revealed that functional groups present in plant extract were responsible for capping and stabilizing the
synthesized nanoparticles. The MTT [3-(4,5-Dimethylthiazol-2-yl)-2,5-Diphenyltetrazolium Bromide] assay performed
on Human Cervical cancer (HeLa) cell line shows that the CuNPs are biocompatible and non-toxic for cells. The optical
properties of these green chemistry-based CuNPs are used for plasmonic sensing. The plasmonic sensing effect of the
synthesized nanoparticles was determined by detecting the surface enhanced Raman signal (SERS) of Rhodamine 6G, a
Raman active dye. These CuNPs showed a multifold increase in the SERS signal with an enhancement factor of ~10”.
Results of this study suggest that the green synthesized biocompatible CuNPs can detect the bio-analytes and could be
used for biomedical applications. The synthesized copper nanoparticles may be used for in-vivo bio-sensing. © Anita
Publications. All rights reserved.

Keywords: Copper nanoparticles, Green chemistry, Pimenta dioica, Biocompatible, Plasmonic sensing, Surface-enhanced
Raman spectroscopy, Bio-sensing.

1 Introduction

Nanomaterials are being used for various applications such as in electronics, energy conversion and
storage, cosmetics, pharmaceuticals, drug delivery vehicles for diagnostics and therapy [1-5]. Nowadays,
early-stage disease diagnosis is highly desirable because it will improve the life expectancy of the patients.
Nanotechnology-based approaches could offer early disease diagnosis. Among a variety of nanomaterials,
the metallic nanoparticles are of great interest due to their interesting electronic, optical, chemical and
physical properties. Among available metallic nanoparticles, Copper nanoparticles (CuNPs) due to their
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surface plasmonic property, can be efficiently used for plasmonic sensing and thus for the disease diagnosis
[6,7]. CuNPs can be readily synthesized in common laboratories. A considerable amount of effort has been
made towards the fabrication of CuNPs with controlled size and tunable optical properties [8].

Numerous chemical methods, such as co-precipitation [9], microemulsions [10], sol-gel synthesis
[11] and hydrothermal reactions [ 12] have been developed and optimized to synthesize the CuNPs. However,
there are several issues involved with these methods, which need attention. Most of the aforesaid chemical
methods are carried out at high temperatures and involve an excessive amount of toxic chemical solvents
[13]. Since there is a probability that a small amount of these toxic chemicals remains present on the surface
of the synthesized nanoparticles, it is difficult to use these nanoparticles for in-vivo biomedical applications.
So, there is a need to develop an environmentally friendly, well-optimized route to synthesize biocompatible
CuNPs for efficient application in health care.

Green synthesis technique can offer a solution to this concern. In this technique, plants extracts are
used to synthesize the nanoparticles. A number of phytochemicals such as alkaloids, flavonoids, phenols,
terpenoids, quinines, tannins, etc. are present in plant extract that act as the reducing agent for the precursor ions
as well as for preventing the mutual agglomeration of nanoparticles [ 14-16]. In the green synthesis process,
the rate of formation and yield of nanoparticles are affected by the choice of plant, nature and concentration of
constituent phytochemicals present in the plant extract. Also, the different physical parameters such as the pH
value, temperature and contact time play important role in the synthesis of the nanoparticles [ 17]. However,
green synthesis of metal nanoparticles using plants is currently under development. Green synthesized CuNPs
may be more suitable for biomedical applications in comparison to conventionally synthesized nanoparticles
using chemical processes.

It is an eco-friendly, cost-effective, pollution-free, and rapid technique for the synthesis of
nanoparticles [ 15]. We have synthesized CuNPs using an aromatic plant Pimentadioica, a Myrtaceae family.
Pimentadioica is a medicinal plant and has been used in various applications such as food spice, as a natural
pesticide, and inherbal medicine [19,20]. The essential oil extracted from Pimenta dioica has a typical aroma
of'a combination of spices, hence this plant is also named as “allspice”. In the leaf extract of allspice, eugenol
(4-allyl-2-methoxyphenol), a common polyphenol is present in abundance. Eugenol composes 60 — 90% of
the essential oil extracted from allspice leaves and act as a natural reducing agent for the reduction of copper
ions in aqueous solution as well as a stabilizing agent in the green synthesis process.

The green synthesized CuNPs were found to be safe and showed no toxicity to cells as confirmed by
the MTT [3-(4,5-Dimethylthiazol-2-yl)-2,5-Diphenyltetrazolium Bromide] assay. Further, the synthesized
nanoparticles exhibit the surface plasmon property and have been used as a substrate for plasmonic sensing.
The plasmonic sensing effect of the synthesized nanoparticles was determined by detecting the surface
enhanced Raman signal (SERS) of Rhodamine 6G, a Raman active dye. These CuNPs showed a multifold
increase in the SERS signal with an enhancement factor (EF) of ~10”. To the best of our knowledge, this is
the first report on Pimenta dioica mediated synthesis of biocompatible CuNPs and their application in SERS.
Conclusively, in the future, these green synthesized CuNPs could be used for in-vivo bio-sensing for disease
diagnostics.

2 Experimental Details

2.1 Materials and Methods

The Pimenta dioica leaves were collected from Mahatma Jyotiba Phule Rohilkhand University,
Bareilly, India. Copper (II) nitrate trihydrate (Cu(NO3),.3H,0 >99.99) %, dimethyl sulfoxide (DMSO), were
purchased from Merck-Millipore, India. All the chemicals were used as such without any further purification.
Aqueous solutions of precursor and leaves extract were prepared using deionized water.
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2.2 Green synthesis of copper nanoparticles
2.2.1 Collection of plant leaves

Pimenta dioica, aromatic plant leaves were acquired from the botanical garden of Mahatma Jyotiba
Phule Rohilkhand University (MJPRU) campus at Bareilly, Uttar Pradesh, India. Figure | shows the leaves
of Pimenta dioica, which were used to prepare the extract.

Fig 1. Leaf of Pimenta dioica used to prepare the extract. It has an abundance of common
polyphenol eugenol, which composes 60 — 90 % of essential oil extract from allspice leaves

2.2.2 Preparation of extract

Plant leaves were washed with deionized water, washed leaves were cut into small pieces and dried. Dried
leaves were crushed with mortar and pestle followed by soaking 20 g in 100 ml of deionized water and heating for 5-10
minutes at 70 - 80°C. The resulting extract was filtered using Whatman No. 42 filter paper. The filtrate was collected in
a clean, dried conical flask and stored at 4°C for further use.

2.2.3 Synthesis of copper nanoparticles

An aqueous solution (1 mM) of Copper(Il) Nitrate trihydrate (Cu(NO3),.3H,0) was used for the
synthesis of CuNPs. The solution was heated at 60— 70°C for 15 minutes with continuous stirring at 400 rpm.
Afterward, 10 ml of the aqueous solution of aromatic plant leaf extract was added drop by drop to the above
solution. The blue color solution was then turned into a colorless solution. After the continuous stirring of
the solution at 60—-70°C for 10 minutes, the color of the solution turned into brownish red. The formation
of CuNPs was confirmed by the color changes from colorless to brownish red color. Figure 2 shows the
formation of copper nanoparticles. The nanoparticle solution was then centrifuged at 10000 rpm for 15 to
20 minutes. The pellet was settled down and resuspended again into deionised water. This step was repeated
2-3 times to remove any impurity or unbound constituent of extract present on the surface of the synthesized
nanoparticles. Then the resuspended solution was filtered and dried to obtain the nanoparticles in powder
form for further use.

Fig 2.(a) aqueous solution of copper nitrate precursor and (b) the copper nanoparticles formed
after the addition of Pimenta dioica leaf extract
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2.4 Characterizations

The synthesized CuNPs were characterized using conventional techniques. The crystal structure
of the CuNPs was evaluated by X-Ray Diffraction (XRD) (Rigaku Smartlab automated multipurpose X-ray
Diffractometer). The shape and the average particle size of nanoparticles were measured by Field Emission
Scanning Electron Microscopy (FE-SEM, Supra55 Zeiss system). The absorption spectrum of CuNPs was
measured using Perkin-Elmer Lambda 25 spectrophotometer in the wavelength range of 400 — 900nm.
Fourier Transform Infrared (FTIR) spectrum of the synthesized CuNPs was measured in the range of 500 —
4000 cm™, using spectrometer (Bruker, Tensor 27).

2.5 In vitro biosafety assessment of green synthesized CuNPs

The cytotoxicity of the green synthesized CuNPs was examined by MTT (3-(4,5-dimethylthiozol-
2-yl)-2,5-diphenyl tetrazolium bromide) assay. Cells were cultured and maintained in a state of continuous
growth in DMEM media supplemented with 10% FBS at 37 °C in a humidified incubator containing 5%
CO,. The media contains 1% penicillin-streptomycin. The HeLa cells were seeded in 96-well plate with a
seeded density of 10* cells per well and incubated for 24 hours for further experiment. CuNPs at different
concentrations in fresh media were added to the wells containing the cells. Each treatment was performed
in triplicate. After 24 hours of the incubation, the media was removed and cells were washed twice with
Phosphate-buffered saline (PBS). Then fresh media containing 10 ul of MTT at a final concentration of
0.5 mg/mL was added in the cells and was incubated for 4 hours. Further, the media was removed and 200
pL dimethyl sulfoxide (DMSO) was added to solubilize the formazan crystals formed in the viable cells.
Then the absorbance of the solution was measured at 570 nm using BioTek SynergyH1 microplate reader.
The untreated cells were used as a blank and the relative viability of the treated cells against the blank was
calculated.

2.6 Surface Enhanced Raman Spectroscopy (SERS)

The enhancement of Raman signals by green synthesized CuNPs as a SERS substrate was studied
using our home-built Raman spectroscopy set up [20]. A 785 nm diode laser was used as the excitation source
and the incidence laser power at the sample surface was 5 mW. To evaluate the performance of the green
synthesized CulNPs as a SERS substrate, different concentrations of Rhodamine 6G (R6G) aqueous solutions
ranging from 100 nM to 100 uM were prepared and the corresponding SERS signals (with nanoparticles)
were measured.

3 Results and Discussion
3.1 X-ray diffraction (XRD) analysis
Crystallinity and the phase purity of the green synthesized CuNPs were confirmed by XRD analysis.

The measured XRD pattern of nanoparticles is shown in Fig 3. The major diffraction peaks were found
at 20 = 43.6°, 50.6°, and 74.3°. The measured peaks were accounted for the crystal planes (111), (200) and (220),
respectively. The analyzed diffraction peaks were well matched with the standard diffraction patterns with JCPDS card
no. 04-0836, indicating a face-centered cubic crystal system. No characteristics peaks of impurities were
observed, which indicated that the synthesized nanoparticles have high purity. The average crystal size of
the synthesized nanoparticle was calculated to be 43.8 nm using the Debye-Scherrer equation. The Debye-
Scherrer equation is shown below:

kA

- fcost
where, d is the mean size of the ordered (crystalline) domains, k is a dimensionless shape factor, with a value
close to unity (0.9), 1 is the X-ray wavelength (CuKa = 0.154 nm), S is the line broadening at full width half
maximum (FWHM) of the XRD peak and 6 is the Bragg angle in degrees.




Green synthesis of copper nanoparticles and their applications for plasmonic sensing 187

6000
CuNPs 50
5000 . Chy g
- ) ~1
= T30 \' 5
- T E I ((,u
= 4000 S Zw ol 'h“
= = B s '
< E mf.lqﬁm.w ,W Wikl
o ! !
=" 3000 1 )
w 72 73 74 75 704
= 20 (degree)
2 —
= 2000 s
- )
5 —
1000 - &
I\ A o
0- T T T T LI
20 30 40 50 60 70 80

20 (degree)

Fig 3. XRD patterns of the synthesized copper nanoparticles. The average crystallite size is
43.8 nm calculated using Debye-Scherrer equation

3.2 Morphological characterization of synthesized copper nanoparticles

The morphology of the nanoparticles was confirmed by Field emission scanning electron microscopy
(FE-SEM) measurements. It was observed that these nanoparticles are spherical in shape as shown in Fig
4a. The size distribution of nanoparticles with a mean diameter ~278 nm and a standard deviation of ~68 nm
were determined by Image J software as shown in Fig 4b.
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Fig 4.(a) FESEM image showing the morphology of synthesized CuNPs. Synthesized nanoparticles are spherical
in shape, (b) Size distribution of nanoparticles with mean diameter ~278+68 nm was calculated using Image J
software.

3.3 UV-Vis Spectral Analysis

The brownish red color of synthesized sample as shown in Fig 2b confirms the formation of CuNPs
after the reduction reaction. The optical absorption property of CuNPs was analyzed by UV-Vis absorption
spectroscopy. Figure 5 shows the UV-Visible absorption spectrum of synthesized CuNPs. The absorption
spectrum shows absorption maxima at ~477 nm. This peak could be attributed to the surface plasmon
resonance (SPR) of CuNPs [18].
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Fig 5. UV-Vis absorption spectrum of copper NPs, showing absorption maxima at ~ 477 nm

3.4 Fourier Transform Infrared Spectroscopy

FTIR measurement was performed to identify the biomolecules present in plant extract and
responsible for the reduction of copper metal ions. Figure 6 represents the FTIR spectra of plant extract and
green synthesized CuNPs. In the FTIR spectrum of plant extract, a major absorption peak was observed at
~3416 cm™! indicating the presence of O — H group (phenolic) present in the aqueous phase. The peaks at
2918 and 2812 cm™! correspond to the (C — H) stretching of the —CH, functional group. The peak at 1620
cm ! corresponds to the C = C stretching of alkene in eugenol. The peaks at 1374 cm™' and 1045 cm!
correspond to the asymmetric and symmetric C — O — C stretching mode related to the methoxy group on the
benzene ring of eugenol, present in the plant extract. The peak at 624 cm™! reveals the existence of — C — H
bending band. These peaks are consistent with the FTIR peaks of functional groups of the eugenol, present
in the Pimenta dioica plant. In the FTIR spectrum of CuNPs, the major peaks were observed at 3440, 2924,
2850, 1630, 1385, and 635 cm™', respectively. The shift in the peaks towards the higher wavenumber might
be due to the interaction of functional groups of Pimenta dioica plant extract with the CuNPs. The peak at
635 cm™! reveals the existence of C — H out-of-plane bending mode of the benzene ring. These results suggest
that eugenol plays an important role for the reduction of copper ions and in the stabilization of the synthesized
CuNPs [ 15,22, 23].
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Fig 6. FTIR spectra of the Pimenta dioica leaf extract and the synthesized copper nanoparticles.
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3.5 Cell viability assay of green synthesized CuNPs

The biocompatibility and safety of synthesized CuNPs were evaluated by MTT assay. HeLa cells
were incubated with the different concentrations (20, 50, 100, 200, 400 and 500 pg/ml) of CuNPs for 24
hours. Figure 7 shows the results of the MTT assay. The cells incubated up to 100 pg/ml and 500 pg/ml
concentrations of CuNPs show ~90% and 83% cellular viability, respectively. At 500 pg/ml concentration,
the cellular viability was more than 83%. The results suggest that the green synthesized CuNPs show high
cell viability at different concentrations of nanoparticles (20, 50, 100, 200, 400 and 500 pg/ml) and found to
be non-toxic, thus safe for cells.
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Fig 7. MTT assay showing cells viability after 24h incubation with synthesized CuNPs at various
concentrations

3.6 CuNPs for Surface-Enhanced Raman spectroscopy (SERS)

To verify the efficacy of the synthesized CuNPs for diagnostics applications, the plasmonic sensing
effect of CuNPs was evaluated by measuring the SERS signal of Rhodamine 6G (R6G). A 785 nm diode
laser was used as the excitation source and the incident laser power at the sample surface was 5 mW. In
conventional Raman measurement (without CuNPs) it was difficult to detect the Raman signals of R6G
solutions of concentration less than 10 mM. Therefore, to evaluate the performance of synthesized CuNPs as
a SERS substrate, different concentrations of R6G aqueous solutions ranging from 100 nM to 100 uM were
prepared and the corresponding SERS signals (in the presence of CuNPs) of samples were measured. Figure
8(a) shows the SERS spectra of R6G at varying concentrations ranging from 100 nM to 100 uM. The spectra
show that the characteristic Raman peak of R6G was detected easily till 100 nM concentration. The most
dominant characteristics Raman peaks of R6G were observed at 608, 768, 1182, 1309, 1361 and 1508 cm™!
respectively at each concentration. The inset of Fig 8(a) shows the normal Raman spectrum of 10 mM solution
of R6G, which was used for the calculation of the SERS enhancement factor (EF). The results suggest that
the green synthesized CuNPs have immense potential in detecting the much lower concentrations of analyte
molecules due to the localized surface plasmon resonance of CuNPs. The calculated SERS enhancement
factor using the green synthesized CuNPs was found to be ~107. This analysis verifies the efficacy of the
green synthesized CuNPs for the qualitative detection of trace amounts of analytes or molecules present in
biological samples. Further, the quantitative measurement of R6G was performed. Figure 8(b) presents the
intensity variations of different characteristic Raman peaks of R6G at, 608 em™', 1309 cm™', 1361 cm™! and
1508 cm™!, with respect to the concentration changes. The result shows that for all four peaks the intensity
varies linearly with their relative concentration changes and the corresponding R? values are > 0.96 for all the



190 Prashant Kharey, Surjendu Bikash Dutta, Shovan K Majumder and Sharad Gupta

peaks. Suresh and co-workers studied the SERS activity of copper nanoparticle synthesized by potato starch.
In their work they used R6G as analyte molecule and the calculated SERS enhancement factor was ~ 103 [24].
Nguyen and co-workers fabricated the silver, gold, and copper nanoparticles by laser ablation for surface-
enhanced Raman scattering. They found the SERS enhancement of copper nanoparticle-based substrate was
lowest in comparison to the enhancement of silver and gold nanoparticles [25]. The synthesized CuNPs,
present in this study demonstrates a much higher value of SERS enhancement factor ~107 in comparison
with earlier reported results. Hence, the synthesized CuNPs could be used to detect bio-analytes that have a
distinct Raman fingerprint.
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Fig 8. (a) Surface-enhanced Raman spectra (SERS) of Rhodamine 6G (R6G) at different concentrations. Inset
of Fig (a) shows the normal Raman spectrum (without CuNPs) of 10 mM of R6G solution. (b) The relative
SERS peak intensity variation with respect to the concentration changes of R6G (i) for 608 cm™, (ii) for 1309
em ! (iif) for 1361 cm™ and (iv) for 1508 cm™" characteristic Raman peaks of R6G

4 Conclusions

In this study, copper nanoparticles were successfully synthesized using the Pimenta dioica leaf
extract. This method is a simple, eco-friendly, efficient and cost-effective green approach for the synthesis
of CuNPs. A detailed characterization of the nanoparticles was carried out. The purity and crystallinity of
the nanoparticles were confirmed from the XRD analysis. FTIR analysis suggested that eugenol plays an
important role for the reduction of copper ions and in the stabilization of the synthesized CuNPs. Most
importantly, these CuNPs were found to be safe for the eukaryotic cells and could be used for future in-vivo
applications. These green synthesized CuNPs improved the molecular detection limit via surface plasmon
resonance (SPR) property and successfully identified the signals of R6G at lower concentrations of 100
nM, that were not detectable with normal Raman spectroscopy. These non-toxic green synthesized copper
nanoparticles are expected to be suitable for biosensing and diagnostics applications.
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Plasmonic trapping has been used for the trapping and manipulation of nanoscopic particles. In this paper, we study
the changes in the intensity and polarization of the scattered light due to the presence of a metallic nanoparticle in the
vicinity of a plasmonic antenna. The interaction of the two orthogonal modes of the plasmonic antenna due to symmetry
breaking leads to the modification of polarization. The incident polarization has a strong effect in the variation of the
scattering intensity due to presence of the particle. We also show that the Stokes parameters of the scattered field
depends on the position of the particle. Therefore, the intensity and polarization of light can be used for understanding
the dynamics of particles trapped in the near-field of the plasmonic structure, which can have significant impact for
developing new generation of plasmonic nanomanipulators. © Anita Publications. All rights reserved.
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1 Introduction

Plasmonics is the study of interaction of light with metallic nanostructures [1-3]. Plasmonic nano
structures have been used for controlling the intensity, polarization and phase of light [2-6] and have been
exploited for applications in biosensing [3,7,8], nanoscale length measurement [9,10], non-linear signal [1,
11,12] and color generation [13]. The assembly of different geometries and shapes of plasmonic structures
enables a greater degree of control over the optical near-field. The responses of such coupled nanostructures
can be explained using the plasmon hybridization model [14,15]. Recently, there has been a significant
interest in exploiting the strong field localization of the plasmonic near-field for trapping nano-scale objects
[16-19]. The large gradient in the field enables trapping at low laser powers thereby opening avenues for
trapping biological entities. Typically, the trapping of an object is observed as a change in the light intensity
or the resonance wavelength [16-19]. For example, Chen et a/ showed that the presence of a particle in the
gap of a plasmonic slit leads to the modification in the transmission intensity [20]. The transmitted light
intensity was also dependent on the number of particles trapped within the structure. Alternately, Zhang et a/
demonstrated that trapping of a nanoparticle in the gap of a nanoantenna lead to the red-shift of the plasmonic
resonance [ 19]. Furthermore, the resonance shift was strongly dependent on the location of the nanoparticle
within the plasmonic trap. Andrea et a/ studied these shifts in the case of realistic plasmonic antennas and
verified that the exact shape and morphology of the antenna matters significantly for monitoring the trapping
events based on the resonance wavelength [21]. However, the effect of a trapped object on the polarization
of the scattered light has not yet been addressed. In this paper, we study the changes in the scattered light
intensity and its polarization state when a nanoparticle is placed in the near-field of the plasmonic antenna.
It is shown that the scattered light intensity and the polarization of scattered light is strongly affected by the
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position of the nanoparticle. The near-field and far-field properties of the plasmonic antenna are correlated to
get a better understanding of the system under study.

2 Method

The structure under study consists of a plasmonic antenna (gold cuboid) and a gold nanoparticle,
Fig 1. The structure is illuminated with a plane polarized light propagating in +z direction. Surface integral
equation method is used to calculate the optical response, namely scattering and polarization, in both the
near- and far-field regimes [22]. Johnson and Christy data is used for modelling the dispersive dielectric
function of gold [23]. The structure under study is placed in a background of water with a permittivity of
1.7689. The length, width and height of the cuboid are fixed at 60 nm, 40 nm and 40 nm, respectively. The
center of the cuboid is placed at origin (coordinate (0,0,0)). The corners of the cuboid have a 5 nm fillet
radius. A gold nanoparticle with diameter of 20 nm is placed at different positions (labelled A, B and C) and
the corresponding modification of the scattered polarization at a far field point at z =10 nm is studied. The
Stokes parameters are calculated using the following relations: Sy = |E,|> + |Ey|2, S =|E - \Ey|2, S, =2Re(E,
Ey*) and Sy =-2/m(E, Ey*). Subsequently the normalized Stokes parameters are calculated as s; = S;/Sy, 5, =
S,/Sy and s3 = §/S,.

(a) (b)
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Fig 1. (a) Schematic of the plasmonic antenna with a nanoparticle (b) Dimensions of the

structure under consideration. The cuboid has a length L= 60 nm, width w = 40 nm and
height h =40 nm.

2 Results and discussion

Figure 2(a) shows the scattering spectrum of a gold cuboid for both x- and y- polarized illumination.
The structure is resonant at 621 nm (longitudinal mode) and 576 nm (transverse mode) for x- and
y-polarizations, respectively. Due to the larger strength of the dipole in the x-direction, the scattering for
x-polarization is higher than for y-polarized illumination. Electric field intensities for the two illumination
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Fig 2. (a) Scattering spectrum for x- and y- polarized illumination. (b) Electric field intensity and (c) Real(E,) on
an xy plane at z = 5 nm for x-polarized incident light at 620 nm. (d) Electric field intensity and (¢) Real (E,) on an
xy plane with z = 5 nm for y-polarized incident light at 570 nm.
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conditions at resonance are shown in Fig 2(b) and (d). It is seen that the fields are enhanced near the corners
of the structure. Furthermore, the field intensity is enhanced by 200 times at 620 nm for x-polarization.

Figures 2(c) and (e) show the real part of E, (normal component of the field for xy plane) which
correlates with the charge distribution excited in the structure. For both the incident polarizations, the charge
distribution exhibits a dipolar field distribution depicted by positive and negative extremities of the antenna
albeit in two orthogonal directions.

(@) (b)

x-pol c -pol
cC B 18000 i . ¢ )3030r—"—“"" S - ER—
9 16000
— 14000 -
® 5
A 3 12000 S
Y j=d 10000 g)
Zé'x T 8000: 5
§ e000; %
A= (45,0,0) 3 4000t 3
B =(30,35,0)
C =(15,35,0) 2000 " i
i i . |
£50 600 650 700 550 500 650 700
Wavelength (nm) Wavelength (nm)
(d) Position A Position B Position C
600
500
o~ 1 400
3
= 300
e 200
E 100
x
E
€
a 3 4
w 3
= 20 2 2
E ' » g 20 ’
> 0 ] =~ 0 o
N : 1
20 20 I 2
2 |
-50 0 50 50 o 50
X (nm) X (nm) x (nm)
Position A Position B Position C
(e) 250
IZDD
£ €2 T 150
= b £ |
> = B {100
-_— I"xﬂ
]
e
=3
E Re (E
g a0 Re(E) N I;
3 ‘ e
z £ = 20 0
£ £ £
> > 0 -1 > 0
-2
. I
20| 20
I 3 4
50 o 50 -50 0 50
x (nm) x (nm)

Fig 3. (a) Schematic showing the locations of the nanoparticle. (b) and (c) Scattering spectrum for x- and y-
polarized illumination at the three different positions. (d) Electric field intensity and Real(E,) on an xy plane atz =
5 nm for x-polarized incident light at 620 nm for A, B and C positions, respectively. (e) Electric field intensity and
Real(E,) on an xy plane at z =5 nm for y-polarized incident light at 580 nm for A, B and C positions, respectively.

Figure 3(a) shows the three-different nanoparticle locations labelled as A, B and C. When the
particle is placed at A, the structure retains its mirror symmetry about the x-axis. However, no such symmetry
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exists in the xy-plane for B and C positions. The scattering spectrum for the different particle positions and
incidence polarizations (x and y) are shown in Fig 3(b) and (c). The presence of the particle causes a 5 nm
redshift of the antenna resonance for x-polarized light incidence. The resonance wavelengths for the three
positions are nearly the same (vary by 1 nm). The scattering intensity however shows a significant decrease
as the particle is moved from position A to C. The decrease in scattering intensity is due to the reduction in
the net dipole moment of the structure when the nanoparticle is displaced from A to C as shown in Fig 3(d).
Furthermore, it is clear that for positions B and C, the y-direction dipole moment is non-zero for x-polarized
illumination. This suggests that the light scattered by the structure when the particle is placed in B and
C positions should possess a different polarization state as compared to the incident radiation. In case of
y-polarized incidence, the resonance wavelength nearly remains the same, whereas the intensity increases as
the particle is moved from A to C. This increase in intensity is due to the alignment of the dipole moments of
the particle and the antenna, leading to the formation of the bonding mode (Fig 3(e)). Even in this case when
the particle is placed at positions B and C, the system exhibits a non-zero x-dipole component, leading to the
polarization conversion of scattered light. The corresponding electric field enhancements are also shown in
Fig 4(e) and (f) for the different cases. It is very evident that the electric field enhancement strongly depends
on the position of the particle and can have significant effect in practical applications.
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Fig 4. (a) sy, (b) s, and (¢) s3 as a function of wavelength for x-polarized illumination. (d) sy, (e) s,
and (f) s3 as a function of wavelength for y-polarized illumination.

Figure 4(a)-(c) shows the different components of the normalized Stokes parameters as a function
of wavelength for x-polarized illumination. It is seen that the polarization of the scattered light is along the
x-axis when the particle is placed at position A. However, for positions B and C, all the three parameters
show a strong deviation from the symmetric case (position A). It is seen that the maximum deviation occurs
at around 580 nm, corresponding to the transverse mode of the plasmonic antenna.The interaction between
the two-orthogonal modes is possible due to the particle which breaks the symmetry of the structure. Such
symmetry breaking has been shown also in case of plasmonic dimer and trimer systems | 14,24 ]. It was shown
that symmetry breaking allows the excitation of dark modes of the structure and can be used for realizing
enhanced non-linear signal generation. It is also seen that position B shows larger change in polarization
as compared to position C. This is due to the fact that when the particle is placed at position B, it leads to a
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larger symmetry breaking as compared to position C. Figure 4(d)-(f) shows the different Stokes parameters
as a function of wavelength for y-polarized illumination. Analogous to the x-polarized incidence, positions B
and C exhibit the largest changes in polarization as compared to the incident polarization. However, in this
case, the maximum polarization conversion happens close to 620 nm which corresponds to the longitudinal
resonance of the plasmonic antenna.

4 Conclusion

In conclusion, the changes in the intensity and polarization of the scattered light from a plasmonic
antenna due to the presence of the particle has been studied. It is shown that intensity change might be a
better metric understanding plasmonic trapping as compared to resonance shift. However, the incidence
polarization dictates whether the intensity will increase or decrease due to the trapping event. Furthermore,
the polarization state of the scattered light is dependent on the particle position and can be used as a probe
for the particle’s position. In the future, it might be possible to use both the intensity and polarization of the
scattered light to determine the position of the trapped nano-object in a plasmonic trap.
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