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Abstract: A distinctive feature of this review is a critical analysis of methods and results of
measurements of the optical properties of tissues in a wide spectral range from deep UV to
terahertz waves. Much attention is paid to measurements of the refractive index of biological
tissues and liquids, the knowledge of which is necessary for the effective application of many
methods of optical imaging and diagnostics. The optical parameters of healthy and pathological
tissues are presented, and the reasons for their differences are discussed, which is important for
the discrimination of pathologies and the demarcation of their boundaries. When considering the
interaction of terahertz radiation with tissues, the concept of an effective medium is discussed,
and relaxation models of the effective optical properties of tissues are presented. Attention
is drawn to the manifestation of the scattering properties of tissues in the THz range and the
problems of measuring the optical properties of tissues in this range are discussed. In conclusion,
a method for the dynamic analysis of the optical properties of tissues under optical clearing using
an application of immersion agents is presented. The main mechanisms and technologies of
optical clearing, as well as examples of the successful application for differentiation of healthy
and pathological tissues, are analyzed.

© 2022 Optica Publishing Group under the terms of the Optica Open Access Publishing Agreement

1. Introduction

The measurement of tissue optical properties in a wide spectral range can be made using
different techniques, which basically are classified into two main groups: the one that involves
inverse simulations and the one that involves direct calculations from experimental data. For the
techniques that involve inverse simulations to solve the radiation transfer equation, some computer
codes, based on the Kubelka-Munk, the Monte Carlo, and the Adding-Doubling algorithms are
available for immediate use or can easily be adapted to estimate the optical properties of tissues
[1–7]. These algorithms usually estimate a set of two or three optical properties for a single
wavelength, based on the available optical measurements that were acquired from the tissue under
study, such as the refractive index (RI), the total transmittance (T t), the total reflectance (Rt) and
the collimated transmittance (Tc) [3]. With the objective of obtaining the broadband spectral
optical properties of a tissue, individual simulations at discrete wavelengths within the desired
spectral range are necessary, so that the estimated values can be interpolated with appropriate
curves [6]. Such task is time and computer demanding, not allowing for a fast determination of
the broadband spectra of tissue optical properties [8].
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A faster alternative to the simulation methods, which is based on the diffusion approximation
[8], is possible through direct calculations, if spectral measurements are available. Considering
ex vivo tissue samples from which T t, Rt and Tc spectra were measured, the calculation of
most of the optical properties can be performed using some equations based on the diffusion
approximation [8–10].

Due to a great variety of biomedical applications in the near-infrared (NIR), quantification
of optical properties of tissues in this wavelength range was of great priority in the last two
decades [11–17]. Time resolved techniques allowing for measuring optical properties rather
fast and in backscattering mode suitable for in vivo estimations are also well-developed [18–20].
Real-time wide-field and high-quality single snapshot imaging of optical properties of tissues
can be provided using a spatial frequency domain technique which principles, applications, and
perspectives are discussed in literature [21–23]. All these technologies for optical properties
evaluation are prospective to use in differentiation of various pathologies in ex vivo or in vivo
studies, and in surgery and therapy guidance [8–10,24–32], in particular, for estimation of pigment
accumulation in brain cortex [8,9] and pancreas [10] in rabbits, and colorectal cancer tissue in
humans [26], for prognosis in gastroenterology [24,25], for characterization of brain tissues at the
different stages of glioma development in rats [27], for differentiation of healthy and tumorous
brain tissue in humans [28], for characterization of obesity in humans [29], for skin condition
diagnosis in the clinical trials [30], for surgery guidance using a single-fiber diffuse reflectance
spectroscopy and spatial frequency domain imaging [31], and during interstitial photodynamic
therapy and photoimmunotherapy of head and neck squamous cell cancer [32].

During the past few decades, an increasing attention is paid to biomedical applications of
Terahertz (THz) radiation, with the frequencies of ≈0.1–3.0 THz, or the free-space wavelengths
of ≈3 mm–100 µm [33–38]. This is driven by peculiarities of THz-wave – biological tissue
interactions and rapid progress in THz technology [39–44]. THz radiation is non-ionizing
in nature, and, thus, low-power THz beams are reportedly harmless to living organisms [45].
THz waves are strongly absorbed by water molecules, including the tissue water in free or
bound states. High content of water in majority of hydrated biological tissues limits the depth
of THz wave penetration into them by hundreds or even tens of microns, depending on the
electromagnetic-wave frequency and the tissue type [33,34]. On the one hand, this limits
capabilities of THz diagnosis by probing only the superficial layers of hydrated biological tissues
in vivo or freshly-excised tissues ex vivo, while only the reflection-mode configurations of THz
measurements are reliable for such studies [46,47]. On the other hand, high sensitivity of THz
radiation to tissue water makes it attractive for the label-free medical diagnosis, where water
plays a role of main endogenous marker of pathology [33,34].
Sapabilities of THz spectroscopy and imaging in label-free early noninvasive, least-invasive,

and intraoperative diagnosis of malignant and benign neoplasms with different nosologies
and localizations [34,36,55,37,48–54], sensing of glycated tissues and blood in the context of
diabetes diagnosis [56–59], determining the degree of traumatic injuries [60–63], hydration levels
[64–67], and viability [68] of tissues have been vigorously explored. Along with the diagnostic
applications, THz technology holds strong potential in therapeutics [45,69,70], for example, in
nonthermal regulation in expression of genes associated with cancer and inflammatory diseases
[71], or manipulation of cancer DNA methylation [72,73].

Thus, a critical analysis of the methods and results of measurements of the optical properties of
tissues in a wide spectral range from deep-ultraviolet (UV) to the terahertz range is topical. Since
knowledge of the refractive index in a wide range of wavelengths is critical for the application
of many methods of optical imaging and diagnostics, much attention is paid to this parameter
in the review. It is also important to present and discuss the optical properties of healthy and
pathological tissues, which are used in medical diagnostics, including demarcating the boundaries
of pathology. When considering the interaction of terahertz radiation with tissues, the concept
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of an effective medium will be used and relaxation models will be presented to determine the
effective optical properties of tissues. It seems important to discuss the prospects for the method
of dynamic analysis of the optical properties of tissues with optical clearing using immersion
agents, including for more reliable differentiation of healthy and pathological tissues.

2. Measurement of tissue optical properties

2.1. General representations

Considering the total transmittance T t and the total reflectance Rt spectra of a tissue-slab sample
with uniform thickness (d), Eq. (1) allows the calculation of the absorption coefficient spectrum
(µa(λ)) [9,10,26,74]:

µa(λ) =
[1 − Tt(λ) + Rt(λ)]

d
. (1)

Once µa(λ) is calculated, it can be used in a rearranged version of the Bouguer-Beer-Lambert
equation [75–78] to calculate the scattering coefficient spectrum (µs(λ)), as follows:

µs(λ) = −
ln[Tc(λ)]

d
− µa(λ). (2)

There is no equation that allows the direct calculation of the reduced scattering coefficient
(µ′

s(λ)) from experimental measurements [9,10,74]. Due to this fact, and since its wavelength
dependence in the spectral range between the deep-ultraviolet and the infrared is well described
by a curve, whose equation accounts for a combination of the Rayleigh and Mie scattering
regimes [5], the µ′

s values at discrete wavelengths within that range can be estimated through
inverse simulations and then fitted by a curve described as:

µ′s(λ) = a′ ×

(︄
fRay ×

(︃
λ

500 nm

)︃−4
+ (1 − fRay) ×

(︃
λ

500 nm

)︃−bMie
)︄

, (3)

where a′ = µ′
s(λ=500 nm), f Ray is the Rayleigh scattering fraction and bMie is the exponent related

to the mean size of the Mie scatterers [74]. The calculated µ′
s(λ) can be combined with the µs(λ)

obtained with Eq. (2) to calculate the scattering anisotropy factor (g), as follows [24]:

g(λ) = 1 −
µ′s(λ)

µs(λ)
. (4)

The RI of biological tissues, tissue components or optical clearing agents (OCAs) is traditionally
measured at discrete wavelengths, using different instruments and methods. For tissues it can
be measured using the total internal reflection method with different lasers with emission at
discrete wavelengths within the range of interest [79], while for biological fluids or OCAs it can
be measured using a multi-wavelength refractometer [80], or by using the minimum deviation
angle method, also with different lasers at discrete wavelengths [81]. Once the RI of a tissue or
fluid is measured for various wavelengths within a broad spectral range, the discrete experimental
values are fitted with an appropriate dispersion curve, such as the Cauchy (Eq. (5)), the Conrady
(Eq. (6)) or the Cornu (Eq. (7)) equations, which are described as follows [3,80,82–89]:

ntissue(λ) = A +
B
λ2
+

C
λ4

, (5)

ntissue(λ) = A +
B
λ
+

C
λ3.5 , (6)

ntissue(λ) = A +
B

(λ − C)
, (7)

where A, B and C are the Cauchy, the Conrady or the Cornu parameters that are estimated during
the fitting of the experimental data [79].
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Once the broadband tissue dispersion is estimated from discrete measurements with one of the
previous curves, a more realistic dispersion that contains the absorption contributions of tissue
components can be calculated using the Kramers-Kronig (K-K) relations [10]. To proceed with
this calculation, µa(λ) as calculated with Eq. (1), is first used in the following K-K relation to
obtain the imaginary part of the broadband tissue dispersion (κtissue(λ)) [9,90,91]:

κtissue(λ) =
λ

4π
µa(λ). (8)

The real part of tissue dispersion (ntissue(λ)) can be calculated from κtissue(λ), using the following
K-K relation [9,90,91]:

ntissue(λ) = 1 +
2
π

∫ ∞

0

λ 1
Λ

×
λ 1

Λ2 − λ21
κ(Λ)dΛ, (9)

where Λ represents the integrating variable over the spectral range of interest and λ1 is a fixed
wavelength that can be adjusted for a better vertical matching of the dispersion calculated with
Eq. (9) to the dispersion that was previously obtained from experimental data with Eq. (5), Eq. (6)
or Eq. (7) [9,10].

The mathematical formalism presented above allows to use the direct calculation approach
to obtain the broadband optical properties of any ex vivo tissue, from which broadband T t, Rt
and Tc spectra can be measured. This approach, which only needs discrete simulated values for
µ′

s to be interpolated by Eq. (3), is a fast method that was already used for the evaluation of the
broadband optical properties of some biological tissues [9,10,26,74]. Part of the results obtained
in those studies are presented and discussed in the following subsections.

2.2. Absorption and scattering

According to the direct calculation approach described above, the determination of the broadband
µa and µs spectra of any particular tissue can be done through Eq. (1) and Eq. (2), provided
that the T t, Rt and Tc spectra for the same wavelength range were measured. Typical setups to
perform such spectral measurements are presented in Fig. 1.

In the T t setup represented in Fig. 1(a), a pulsed high-power and broadband xenon lamp, such
as the Avalight-XE-HP from AvantesTM, is used to irradiate the tissue sample. The selection of
such high power lamp ensures that after several reflections at the internal wall of the integrating
sphere, the beam has a high signal to noise ratio, so that a reliable spectrum can be registered
by the spectrometer. This lamp has an emission spectrum from 200 to 1000 nm, and its beam
is delivered to the left-side of the sample through an optical fiber cable and a collimating lens,
which limits the beam diameter to 6 mm. To avoid measurement contamination with the entrance
of undesired light from the outside of the setup, the collimating lens is fixed inside a black plastic
casing. Such casing is represented as the dark-grey rectangle on the left of the sample in Fig. 1(a).
The integrating sphere used in these measurements is the AvaSphere-80-REFL from AvantesTM,
which has an outside cylindrical casing that perfectly fits inside the outer border of the black
plastic casing on the left side of the sample. The cylindrical sphere casing and the outer border
of the black plastic casing are not represented in Fig. 1(a). To perform these measurements, the
tissue sample is fixed between two pinholes (ϕ= 6 mm), which are placed between the black
plastic casing and the integrating sphere. The entire setup is mechanically fixed to place the
sample at the sample port of the sphere without compressing it. Other methods to fix the sample
at the sample port of the sphere, such as placing the sphere vertically over the sample, or through
mechanically attached cuvettes are possible. With the whole setup centered with its optical axis,
the beam emerging from the collimating lens irradiates the entire surface of the tissue sample,
and the transmitted beam enters the integrating sphere completely. The AvaSphere-80-REFL
sphere contains a baffle to shield the sample beam target area from the field of view (FOV) of
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Fig. 1. Experimental setups to measure T t(λ) (a), Rt(λ) (b) and Tc(λ) (c). Courtesy of L.
Oliveira.

the detector. Such beam that crosses the tissue sample into the inside of the integrating sphere
represents the total transmitted light, which is reflected several times at the internal wall of the
sphere (integration process), before being delivered to the spectrometer through another optical
fiber cable [10]. The spectrometer software calculates the T t(λ) of the tissue sample in the
following way [3]:

Tt(λ) =
Tt - sample(λ) − Tt - noise(λ)

Tt - lamp(λ) − Tt - noise(λ)
, (10)

where T t−sample(λ) is the spectrum that was delivered to the spectrometer after being transmitted
by the sample into the inside of the sphere and after passing through the integration process,
T t−noise(λ) is the noise spectrum that was measured with the setup in the lamp-off position and
T t−lamp(λ) is the reference spectrum of the lamp measured with the setup, but without the sample.

Considering the Rt setup represented in Fig. 1(b), the components in that setup are the same
that are used in the T t setup, but now rearranged to measure the total reflected spectrum. In this
case, the light beam from the lamp enters the integrating sphere at the top, with an 8° inclination
with the vertical axis of the sphere. This beam is reflected by the tissue sample into the inside of
the sphere, where it will be submitted to the integration process before exiting to the spectrometer
through an optical fiber cable [10]. The calculation or the Rt(λ) of the tissue sample is made by
the spectrometer software in the following way [3]:

Rt(λ) =
Rt - sample(λ) − Rt - noise(λ)

Rt - lamp(λ) − Rt - noise(λ)
, (11)

where Rt−sample(λ) is the spectrum that was delivered to the spectrometer after being reflected
by the sample into the inside of the sphere and after passing through the integration process,
Rt−noise(λ) is the noise spectrum that was measured with the setup in the lamp-off position and
Rt−lamp(λ) is the reference spectrum of the lamp measured with the setup, but without the sample.
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In contrast to the classical geometry of an integrating sphere, in some cases for research, for
example, in vivo, a collapsible diffuse-scattering cavity of a cubic shape can be useful [92,93]. In
this embodiment, the tissue sample itself or the surface of the organ can serve as one of the walls
of the integrating cavity. Such a collapsible cavity also makes it possible to study the scattering
properties of liquid biological materials by spraying them onto the internal walls of the cavity.

In the Tc setup, a broadband deuterium-halogen lamp, such as the Avalight-D(H)-S lamp
from AvantesTM, with emission between 175 and 2500 nm, is used to irradiate the tissue sample.
Since in this setup the transmitted beam is directly collected after crossing a thin sample, there
is no need for a high power lamp as in the measurements of T t(λ) and Rt(λ). The beam of the
Avalight-D(H)-S lamp is delivered to the left side of the sample through an optical fiber cable
and a collimating lens. The collimated beam with a 3 mm diameter passes through a pinhole to
decrease the beam diameter to 1 mm before irradiating the sample. On the right-side of the setup,
another 1 mm pinhole collects the collimated transmitted beam to the inside of another optical
fiber cable through another lens [10]. The transmitted beam is delivered to the spectrometer
through the optical fiber cable, where the software calculates the Tc(λ) of the tissue sample in the
following way [3]:

Tc(λ) =
Tc - sample(λ) − Tc - noise(λ)

Tc - lamp(λ) − Tc - noise(λ)
, (12)

with Tc−sample(λ) representing the spectrum that was transmitted by the sample and collected
by the detection optics, Tc−noise(λ) is the noise spectrum that was measured with the setup in
the lamp-off position and Tc−lamp(λ) is the reference spectrum of the lamp measured with the
setup, but without the sample. It should be noted that the calculated T t(λ), Rt(λ) and Tc(λ) are
characteristic of the sample and do not depend on the shape or intensity of the spectra emitted by
the lamps used in these measurements, since they are normalized values (see Eqs. (11) and (12)).

Using the setups presented in Fig. 1, several measurements were made from different tissues
to calculate the µa and µs spectra of various tissues between 200 and 1000 nm. In the case of
the rabbit brain cortex, 10 tissue samples were submitted to spectral measurements with all the
setups presented in Fig. 1, resulting in the mean and standard deviation (SD) spectra that are
presented in Fig. 2 [9]:

Using the individual T t and Rt spectra that originated the graphs in Fig. 2 in Eq. (1), the 10 µa
spectra for the rabbit brain cortex were calculated. By using those calculated spectra, along with
the individual Tc spectra in Eq. (2), the 10 µs spectra were calculated. To obtain the µ′

s spectra
that correspond to the 10 tissue samples under study, inverse Adding-Doubling (IAD) simulations
were performed at each 50 nm between 200 and 1000 nm. In these simulations the corresponding
data from the individual T t and Rt spectra, along with the calculated RI data [9], were used as
input. The resulting set of µ′

s values for each sample was fitted with a curve described by Eq. (3).
Figure 3 presents the mean and SD spectra for the µa, µs and µ′

s of the rabbit brain cortex [9].
The mean µa(λ) presented in Fig. 3(a) shows several absorption bands that correspond to the

biological components in the brain cortex. Considering the increasing wavelength scale in that
figure, the first peak in the mean µa(λ) is seen at 230 nm, which corresponds to the amino acid
connections of tyrosine and tryptophan in proteins [94,95]. The brain tissues and especially
the cortex contain different types of proteins, such as actin, albumin, α-tubulin, β-tubulin,
neuron-specific enolase (NSE) and vimentin [96]. The occurrence of a second absorption peak at
267 nm indicates a combination of the DNA/RNA and hemoglobin bands at 260 nm and 274 nm,
respectively [97]. The presence of oxygenated hemoglobin is also identified through the bands at
411 nm (Soret band) and 540/570 nm (Q bands) and the band at 980 nm indicates the presence of
water [97]. The decreasing baseline observed in the µa(λ) presented in Fig. 3(a) also provides
additional information. It indicates the presence of broadband absorbers, such as pigments like
melanin and lipofuscin, in the brain cortex. The evaluation of the contents of such pigments will
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Fig. 2. Mean spectra and SD of the rabbit brain cortex: T t(λ) (a), Rt(λ) (b) and Tc(λ) (c).
Figure adapted from Ref. [9], which was published under Creative Commons license, MDPI.

Fig. 3. Mean and SD spectra of µa(λ) (a), µs(λ) (b) and µ′s(λ) (c) of the rabbit brain cortex.
Figure adapted from Ref. [9], which was published under Creative Commons license, MDPI.
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be done in section 2.4, along with the analysis of similar data for other tissues in healthy and
pathological versions that presented similar baselines.

The spectra of the scattering coefficients that are presented in Fig. 3(b) also provide interesting
information. The two coefficients show an exponential decreasing behavior with increasing
wavelength, a dependence that is well fitted by Eq. (3) as a result of the combined Rayleigh and
Mie scattering regimes that occur in biological tissues [5]. By evaluating these spectra between
200 and 1000 nm, it is possible to see that in the deep-ultraviolet µ′

s(λ) ≈ µs(λ).
Similar studies have been performed with other animal and human tissues [10,26,74], where

the µa(λ), µs(λ) and µ′
s(λ) were calculated with the same method from the T t, Rt and Tc spectra.

The results obtained in those studies were similar to the ones presented here for the rabbit brain
cortex, but since the most innovative information produced in such studies was obtained from the
pigment content analysis, such results will be presented in section 2.4.

2.3. Scattering anisotropy factor

As described at the beginning of section 2, once µs(λ) and µ′
s(λ) are calculated, they can be used

in Eq. (4) to calculate g(λ). Using such calculation procedure, Fig. 4 presents g(λ) for the rabbit
brain cortex [9], as calculated from the data in Fig. 3(b), and for the human kidney in normal and
pathological (Chromophobe renal cell carcinoma – CRCC) versions [74].

Fig. 4. Mean and SD spectra of g(λ) for the rabbit brain cortex (a), and for human normal
and pathological (CRCC) kidney (b) tissues. Adapted with permission from: (a) Ref. [9],
MDPI;(b) Ref. [74], Elsevier, which were published under Creative Commons license.

All curves in Fig. 4 present the expected wavelength dependency – g increases with the
wavelength due to predominant Rayleigh scattering [5,9,10,26,74,98]. In all cases represented
in Fig. 4, g tends to be null close to 200 nm, increasing to nearly 0.9 at 1000 nm. Comparing
between the human normal and the CRCC kidney, g(λ) provides discriminated behavior. In
the case of the normal kidney, the increase in g between 200 and 350 nm is faster than the one
observed for the CRCC kidney, and the linear increase for longer wavelengths (>600 nm) is
higher for the CRCC kidney. Such differentiated behavior for short and long wavelengths in the
CRCC tissues is certainly related to the presence of higher-dimension structures that form during
cancer progression.

2.4. Healthy and pathological tissues

Pigments with broadband absorption spectra, such as melanin and lipofuscin have been reported
to accumulate in biological tissues due to the aging process [99–102], but their dissimilar content
in a particular tissue can be evidence of a pathology [9,26,74,103]. Both melanin and lipofuscin
have a broadband absorption spectrum from the deep-UV to the NIR [10], and the combination of
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those spectra in appropriate proportions can be used to evaluate their contents in biological tissues,
which may be correlated to the tissue aging and pathology development processes [9,26,74].
Figure 5 presents the broadband absorption spectra of melanin and lipofuscin, as retrieved from
graphical data in Refs. [104] and [105], respectively.
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Fig. 5. Spectral curves of µa(λ) for melanin and lipofuscin between 200 and 1000 nm.
Adapted from Ref. [9], which was published under Creative Commons license, MDPI.

The curves presented in Fig. 5 show that the µa of melanin (µa−mel(λ)) decreases with increasing
wavelength in the entire spectral range, while the µa of lipofuscin (µa−lip(λ)) is restricted to shorter
wavelengths, presenting null values for wavelengths longer than ∼650 nm. The combination of
such broadband spectra originates a decreasing baseline with increasing wavelength in the µa of
various tissues, as presented in Fig. 3(a) for the rabbit brain cortex. In fact, the occurrence of
such decreasing baseline in the µa(λ) of the brain cortex that is presented in Fig. 3(a) indicates
that the brain cortex tissues contain these pigments [9].

Considering the brain cortex or any other tissue that presents such decreasing baseline in
its µa(λ), it is possible to reconstruct it by a weighted combination of the µa−mel(λ) and the
µa−lip(λ) that are presented in Fig. 5. The values of the multiplying weights can be obtained by
trial-and-error until the reconstructed baseline matches the decreasing baseline that the tissue
µa(λ) contains. Once the baseline reconstruction is optimized, the weights considered for the
µa−mel(λ) and the µa−lip(λ) may serve as a measure of the contents of both pigments in the tissue
under study. Such procedure was made in some recent studies and the retrieved pigment contents
were analyzed to give information regarding the tissue aging and pathology development situation.

While studying the broadband optical properties of the rabbit brain cortex, the authors of Ref.
[9] used the pancreas from the same animals to perform a similar study [10]. When analyzing
the calculated µa(λ) of the pancreas, a similar decreasing baseline as the one observed in Fig. 3(a)
was obtained. Performing a reconstruction of the baselines for the µa(λ) of the rabbit pancreas
and rabbit brain cortex, these authors obtained the contents of melanin and lipofuscin in both
tissues. Figure 6 presents the mean µa(λ) for these tissues, the reconstructed baselines and the
µa(λ) of the tissues after subtracting the baselines.

A first result that is obtained with the baseline removal is that the fold-ratios calculated at
the absorption bands of DNA and hemoglobin are significantly increased. As an example, the
fold-ratio at the Soret band for the pancreas increased from 2.99 to 13.76. Such more realistic
ratios can be considered as a measure of the contents of DNA and hemoglobin in the pancreas and
brain cortex of the rabbit. The small fold-ratios presented in Fig. 6 before the baseline removal
(in blue) are proof that the broadband absorption of melanin and lipofuscin was camouflaging
the true content of blood and DNA in the tissues [9,10].

The graphs in Fig. 6 also show that after subtracting the reconstructed baselines, the µa(λ) of
both tissues present a horizontal baseline, as it should be without the presence of the pigments.
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Fig. 6. Wavelength dependencies for µa of the rabbit pancreas (a) and rabbit brain cortex (b)
before (blue-dashed line) and after (green line) subtracting the absorption of the pigments
(dark-red line). Adapted with permission from: (a) Ref. [10]; (b) Ref. [9], which were
published under Creative Commons license, MDPI.

In the case of the rabbit pancreas, the reconstructed baseline (µa−pigment(λ)) was obtained as [10]:

µa - pigment(λ) = 3.76 ×µa - mel(λ) + 3.65 ×µa - lip(λ). (13)

The numerical values in Eq. (13) are similar one to the other, indicating that the accumulation
of melanin and lipofuscin in the rabbit pancreas has occurred in approximated proportions during
the aging of the pancreas tissues under study [10].

In the case of the rabbit brain cortex, the reconstructed baseline was obtained as [9]:

µa - pigment(λ) = 3.50 ×µa - mel(λ) + 1.91 ×µa - lip(λ). (14)

Here we see that the rabbit brain cortex contains more melanin than lipofuscin (almost
2×more). It has been reported that lipofuscin is able to aggregate transition metals, such as iron
and copper, which turn this pigment cytotoxic, leading to the oxidation of cellular components
such as proteins, lipids and DNA/RNA [106]. Such cellular changes in brain tissues may be at the
basis of the degeneration and death of neurons as reported in Ref. [107], and may be the primary
responsible for the occurrence of stroke, Alzheimer and Parkinson diseases [108]. The excess of
melanin that was obtained through Eq. (14) during the baseline reconstruction for the cortex may
be associated to the neuron degeneration and death, as reported by other authors [102,103,107].

The studies that resulted in the graphs presented in Fig. 6 show that melanin and lipofuscin
accumulate similarly in biological tissues as a result of the aging process, as seen in the pancreas,
but differentiated accumulation of these pigments may be related to the occurrence of disease or
degenerative processes, as observed for the brain cortex. With the suspicion that discriminated
melanin and lipofuscin contents could also be associated with cancer diseases, the authors of
Refs. [26] and [74], have used the same experimental methodology to quantify the contents of
these pigments in human healthy and pathological colorectal mucosa and kidney tissues. In the
case of colorectal mucosa tissues, 10 healthy samples and 10 samples with adenocarcinoma were
used to measure the T t and Rt spectra, so that the µa(λ) of both tissues could be calculated with
Eq. (1) between 200 and 1000 nm [26]. The same procedure was adopted for the kidney tissues,
where the pathological samples were collected from patients with a diagnosis of CRCC [74]. The
baseline reconstruction for the kidney tissues was the same as described above, by combining
the µa spectra of melanin and lipofuscin, as represented in Fig. 5. In the case of the colorectal
mucosa, and since the study in Ref. [26] was made prior to the other studies here reported, only
the absorption spectrum of lipofuscin, and as reported by Johansson [109,110] was considered
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in the baseline reconstruction. Although such reconstruction of the baselines for the colorectal
tissues is not so accurate as the ones made for the rabbit tissues and for the human kidney tissues,
it also provided differentiated results between the healthy and pathological samples. Figure 7
presents the results of those studies, including in each panel the curves for the µa(λ) of the tissue,
the µa−pigment(λ) and the µa(λ) of the tissue after subtracting the baseline.

Fig. 7. Wavelength dependencies of µa for human healthy colorectal mucosa (a), for human
pathological mucosa (b), for human healthy kidney (c) and for human pathological kidney
(d) before (blue-dashed line) and after (green line) subtracting the absorption of the pigments
(dark-red line). Adapted with permission from: (a), (b) Ref. [26], MDPI; (c), (d) Ref. [74],
Elsevier, which were published under Creative Commons license.

Although not represented in the graphs of Fig. 7, the baseline removal procedure also leaded to
higher and more realistic fold-ratios at the absorption bands of DNA and hemoglobin in all tissues
under study. As reported in Refs. [26] and [74], after removing the baselines, the pathological
tissues were found to have more blood and DNA than the healthy tissues.

Considering the data for human colorectal mucosa tissues from the study in Ref. [26] that
are presented in Fig. 7(a) and in Fig. 7(b), we see that although the absorption of melanin was
not considered in the reconstruction of the baseline, it was possible to reduce the broadband
contribution of lipofuscin. It is important to stress that the absorption of lipofuscin used in this
study was retrieved from Ref. [110] and extended from about 475 nm to 200 nm. Such procedure
is not precise, but as a first approximation, it was able to produce differentiated results between
the healthy mucosa and the one with adenocarcinoma. The absorption of lipofuscin used in this
study and represented in Fig. 7(a) and in Fig. 7(b) as µa−pigment(λ) is described as [26]:

µa - pigment(λ) = A × exp(3.524 − −0.0187. λ), (15)
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where for the case of the healthy mucosa A equals 1, and for the case of the adenocarcinoma
it equals 1.1. This means that the pathological mucosa contains 10% more lipofuscin than
the healthy mucosa. Although no information about the melanin content in the healthy and
pathological colorectal mucosa tissues was produced in this study, the different contents of
lipofuscin seem to indicate that the content of such pigment increases with the cancer development
[26].

Looking into the data for human kidney tissues that are presented in Fig. 7(c) and in Fig. 7(d),
we see that by considering both the melanin and lipofuscin absorption spectra, as presented in
Fig. 5 between 200 and 1000 nm, a more accurate reconstruction of the decreasing baseline
is accomplished and more complete information is obtained [74]. Globally, the µa−pigment(λ)
presented in the kidney graphs in Fig. 7 seem equal, but in reality they are different, since
they result from different combinations of µa−mel(λ) with µa−mel(λ). For the healthy kidney,
µa−pigment(λ) is described as [74]:

µa - pigment(λ) = 0.60µa - mel(λ) + 8.81µa - lip(λ), (16)

while for the CRCC kidney, µa−pigment(λ) is described as [74]:

µa - pigment(λ) = 0.10µa - mel(λ) + 9.37µa - lip(λ). (17)

Analyzing the numerical values in these equations, we see a decrease in the melanin content
and an increase in the lipofuscin content from the healthy to the pathological kidney. These
results seem to indicate a conversion of about 83% of melanin into lipofuscin when cancer
develops, but the mechanisms of that hypothetical conversion have not been described in literature.
A different explanation has been presented by Warburton et al. for the eye tissues during the
formation of age-related macular degeneration (AMD) [111]. In that study, the authors refer that
melanolipofuscin granules are formed as a result of AMD. Such granules consist on melanin
surrounded by a lipofuscin shell, as referred by Feeney [112]. Due to the three-dimensional (3D)
geometry of these granules, when light is used to perform spectroscopy measurements as those
reported in Ref. [74] to obtain the spectral optical properties of the human kidney tissues, it is
easier to see the response of the lipofuscin shell structure than the response of the melanin inside
the shell in the calculated µa(λ) of the CRCC tissues. In face of the more precise study performed
in the human kidney tissues [74], the results obtained for the human colorectal mucosa tissues
can also be associated with the formation of melanolipofucin granules when cancer develops.

Considering that these results were obtained for fully developed adenocarcinoma in the
colorectal tissues and for fully developed CRCC in the kidney tissues, it would be interesting
to conduct similar studies using tissues in different stages of development of these or other
cancer diseases. Those studies could be used to establish a relation between the content
of melanolipofuscin granules and the cancer stage of development. Furthermore, if diffuse
reflectance spectra could be measured from those tissues, the application of machine learning
algorithms could reconstruct the µa(λ) of the tissues, allowing the analysis of the pigment contents
from a minimally invasive perspective, as already performed in the study of Ref. [113].

Although in the previous sections we have reviewed the measurement of broadband spectral
optical properties of biological tissues using the direct calculation method, the same evaluation
in the UV range needs further exploration. In the following section we will summarize what has
already been done to evaluate the optical properties of tissues in the UV range and will present
some directions for further investigation.

2.5. UV wavelength range

The UV is a particular range of the electromagnetic spectrum where the optical properties of
biological tissues are less studied. Various Biophotonics applications make use of this light
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though, and others may be developed in the future. One of the existing techniques that makes use
of light in this spectral range is the fluorescence microscopy imaging with UV light stimulation.
In such technique, the stimulation of specific tissue chromophores with light between 200
and 300 nm leads to the creation of fluorescence histological images with high resolution for
diagnostic procedures [114]. Such procedure is fast and the generated images resemble the ones
obtained with conventional haematoxylin and eosin histology techniques [114–116]. A particular
study with this technique reports on the use of terbium ions as RNA labeling probes and a
combination of terbium ions with DNA specific dyes to produce optical sectioning of unsliced
tissues [117]. Such procedure allowed to distinguish nucleolus, nucleoplasm and cytoplasm in
fluorescence images created after excitation with light between 250 and 300 nm.

Another application that makes use of UV light is the deep-UV Raman spectroscopy. Due to
the combination of short wavelengths with electronic resonant enhancement with many biological
molecules, the deep-UV Raman signal is several orders of magnitude stronger than the visible
Raman signal. In addition, since biomolecules have a fluorescent emission spectrum that starts at
265 nm or at longer wavelengths, there is no significant fluorescent contamination in the deep-UV
Raman measurements [118]. The application of deep-UV Raman spectroscopy is useful for
the identification of pesticides in agricultural products, to study human bone fragility, protein
structure or DNA aging and its conformity in a nucleus [119,120].

The photoacoustic imaging is another technique that allows the acquisition of ultrasound
images that are generated from different tissue depths after excitation with a light source. In
this technique a short-pulsed or time-modulated light is delivered to the tissue to propagate
diffusively inside. Exogenous or endogenous tissue chromophores, such as DNA/RNA, oxy- and
deoxy-hemoglobin, lipids or melanin absorb part of the energy from the diffused light within
the tissue, creating a local temperature rise, and subsequent generation of broadband ultrasound
waves in the MHz frequency range [121]. The absorption spectra of the above-mentioned
endogenous chromophores are well known [97], where DNA, RNA, oxy- and deoxy-hemoglobin
have absorption bands in the UV range. Melanin also has an absorption spectrum that presents
increasing magnitude with decreasing wavelength within the UV range, as presented in Fig. 5.
Multispectral photoacoustic imaging can be used to evaluate the content of these chromophores
in a tissue through the selection of the excitation source wavelength [121], but new low-expensive
lasers or light emitting diodes (LEDs) with emission at those wavelengths are necessary for
clinical and healthcare application of the results already produced by the research in the field of
photoacoustic imaging.

Therapeutic applications of UV light are also possible. The most common application is
the use of UV light to treat or regulate skin diseases such as vitiligo, scleroderma, psoriasis or
atopic dermatitis [122]. The so-called UV phototherapy works by regulation of the erythema and
inflammation that occur with the above-mentioned skin conditions, and induction of pathogenic
cells apoptosis in the skin. The therapeutic action of the UV light in these skin conditions is
complex, consisting on simultaneous events that include trafficking of antigen cells in the skin
and immediate transcriptional changes in keratinocytes, in immune cells and in pigment cells.
Such set of events produce a fast transformation of the microenvironment in the skin that was
exposed to UV light [122], which leads to temporary or definite control of the disease.

UV light can also be used to difficult the occurrence of melanoma in the skin. A recent study
reported that the collagen and fibroblast structures in the skin degrade with the application of UV
radiation [123]. The same study reported that melanomas arising at the skin area where collagen
degradation has occurred become less invasive, but melanoma-associated fibroblasts can restore
the melanoma invasion through the increasing of collagen synthesis. Indeed, interesting results
were presented in this study, but further investigation should be done in this field to search for
further mechanisms that prevent the occurrence of melanoma.
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An interesting treatment application with UV light was recently reported for the SARS-CoV-2
inactivation [124]. With the emergence of the worldwide COVID-19 pandemic various research
fields have developed efforts to fight this disease. Biophotonics was not an exception, and the
development of a prototype that uses LED light at 275 nm was developed, tested and validated,
presenting an effectiveness in the virus inactivation of 99.9% after 1 min exposure to a light dose
of 83.1 J/m2 [124].

According to the discussion presented in the previous paragraphs, the measurements of the
optical properties of biological tissues, tissue components and OCAs in the UV range is highly
necessary for the optimization of the existing methods and development of new ones that use UV
light. Some studies regarding the measurement of tissues optical properties in broad spectral
range, which includes de UV, were already discussed in the previous sections. In those studies,
the identification of the absorption bands of proteins at 230 nm (see Fig. 3(a)) and of DNA/RNA
at 260 nm (see Fig. 6 and Fig. 7) was made. Tissues have other chromophores that present
absorption bands in the UV, but the isolation of such bands from the µs spectrum of a tissue is
not an easy task due to the superposition of various adjacent bands between 200 and 400 nm.
Also by analyzing Fig. 3(b) we saw that at 200 nm, µs and µ′

s tend to match each-other, which
results in a calculated nearly null anisotropy as represented in Fig. 4.

The identification and characterization of absorption bands in the UV is useful for diagnostic
procedures and for the physiological characterization of tissues, but such information can also be
retrieved from measurements made during optical clearing treatments. Section 5 is dedicated to
the tissue optical clearing treatments and various results regarding tissue composition and cancer
discrimination that were obtained from measurements performed during optical clearing will be
presented in sections 5.2 and 5.3.

3. Measurement of refractive index

3.1. Introduction

The RI is another optical property of biological tissues that needs evaluation for a broad spectral
range, since tissue dispersion also provides information that can be used to characterize the RI of
tissue components [125], quantify light scattering at individual wavelengths through the relative
RI [126], or to differentiate pathological tissues [26,74]. There is no experimental technique that
can be used to evaluate the dispersion of a tissue directly or through a direct calculation from
measured spectra. Usually, the RI of tissues is measured experimentally at discrete wavelengths,
using various methods [84].

3.2. Transparent tissues and bioliquids

A feature of transparent tissues and bioliquids is high, almost complete, light transmission. They
include blood plasma, interstitial fluid, mucous membranes, cornea, eye lens, vitreous body and
some others. To measure the refraction of such objects, all known methods can be used, such as
total internal reflection, single fiber reflectance spectroscopy, and optical coherence tomography.
The RI of transparent tissues and bioliquids in the visible and NIR regions is determined by
water as the main component. Much attention should be paid to accuracy of measurements, since
differences between objects are observed in the thousandth and ten thousandth digits. The RI of
interstitial fluid is 1.3585 for a wavelength of 589 nm [125]. The most significant plasma protein
is albumin. The RI of the human albumin 35 g/l at a wavelength of 589 nm is 1.3401, 55 g/l -
1.3434, when measured with a multi-wavelength Abbe refractometer [127,128]. The dispersion
of the human albumin solution for the concentrations of 35 and 55 g/l in the wavelength range of
480-1550 nm can be described by the Sellmeier formulas [127,128]:

n2
Human alb 35(λ) = 1 +

0.78284λ2

λ2 − 8264.06289
+

745.80866λ2

λ2 − 4279.91 × 107 , (18)
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n2
Human alb 55(λ) = 1 +

0.79061λ2

λ2 − 8546.1684
+

737.19422λ2

λ2 − 4320.03 × 107 . (19)

In Ref. [129], proposed a simple, reliable, and accurate method for measuring the RI
of transparent liquids based on Snell’s law and laser speckle correlation. The authors also
demonstrated the creation of an affordable device that measures a very small change in the RI by
measuring the change in the objective speckle pattern arising due to the change in laser light
passing the liquid solution, which is caused by the apparent shift of a point source. An important
feature of this robust method is the possibility of measuring the RI with an enough accuracy
of 0.00038 with an average error of less than 4.5%. The single fiber reflectance spectroscopy
method allows for obtaining data with a better accuracy of 0.2% [130].

3.3. Tissues with high absorption and scattering

Two of the most common experimental techniques to measure the RI of tissues and fluids with
high absorption and scattering, are the ones based on the total internal reflection and on the
minimum deviation angle methods, respectively. Figure 8 presents the corresponding setups for
these methods.

Fig. 8. Experimental setups to measure the RI of biological tissues with the total internal
reflection method (a) and to measure the RI of liquids, biological fluids and OCAs with the
minimum deviation angle method (b). Courtesy of L. Oliveira.

In the total internal reflection setup (Fig. 8(a)), a laser beam enters the prism through one of its
lateral surfaces, and is deviated to be reflected at the prism/tissue interface. The reflected beam
exits the prism through the third prism surface, where its signal is measured by a photodetector.
The reflectance of the tissue is calculated with a relation similar to Eq. (11), where the noise
signal and the laser reference signal are accounted for. By varying the incidence angle of the
laser beam, a reflectance curve can be represented as a function of the incidence angle [84,87].
Calculating the first derivative of such reflectance curve allows the identification of a peak that
corresponds to the critical angle of reflection (θc) for the tissue at the laser wavelength. Such
angle is then used in the following relation to calculate the RI of the tissue at the laser wavelength
(ntissue(λ)) [131]:

ntissue(λ) = nprism(λ) sin(θc), (20)

with nprism(λ) representing the RI of the prism at the laser wavelength. Such procedure can be
made with different lasers to obtain the ntissue values at different wavelengths within the spectral
band of interest. After obtaining a series of ntissue values inside a broad spectral range, they can be
fitted by an appropriate dispersion curve as described by Eq. (5) to (7) [87]. An improved version
of the total internal reflection setup, which uses a broadband xenon lamp and a spectrometer
was recently reported [132]. Such setup avoids the use of different lasers, since instead of a
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laser signal being measured at each angular position, a spectrum is acquired, which turns such
measurement and calculation procedures faster.

Considering now the minimum deviation angle setup presented in Fig. 8(b), a hollow equilateral
prism (ϕ= 60°) is constructed over a base to sustain the liquid under study. Such liquid can be
the interstitial fluid of a tissue, blood or an OCA that is used to increase tissue transparency. The
laser is placed into position so that, the refracted beam inside the prism is parallel to the base of
the prism, as represented in Fig. 8(b). In this position, the minimum deviation angle (θmin) is the
one measured on the right-side of the setup between the incident and exit beams. The calculation
of the RI of the liquid under study at the laser wavelength is made according to [81]:

nliquid(λ) = 2.00056 sin
(︃
ϕ + θmin

2

)︃
. (21)

As in the case of the total internal reflection setup, this measurement procedure is made with
various lasers to obtain the discrete RI values of the liquid within the spectral range of interest.
These discrete values are then fitted with an appropriate dispersion curve, as described above for
the biological tissues.

Whole blood plays a special role among tissues with high absorption and scattering, which is a
mobile connective tissue and interacts with all kinds of other tissues. The RI of whole blood,
calculated from the RIs of its main components (plasma and hemoglobin) and Gladstone–Dale
relation, is 1.3632 at a wavelength of 589 nm and the dispersion follows from the selective
wavelength RI measurements using multi-wavelength Abbe refractometer in the wavelength
range 480-1550 nm is described by the Sellmeier formula [127]:

n2
blood(λ) = 1 +

0.83423λ2

λ2 − 10775.44775
+

0.04296λ2

λ2 − 0.613587 × 107 . (22)

One of the most important components of blood, which determines its absorption in the visible
and IR regions, is the hemoglobin. The RI of human hemoglobin solution 280 g/L is 1.3818 at a
wavelength of 589 nm. The dispersion of this solution follows from the selective wavelength RI
measurements using multi-wavelength Abbe refractometer in the spectral range of 480-1550 nm
is described by the Sellmeier formula [133]:

n2
Human Hb 280(λ) = 1 +

0.88871λ2

λ2 − 10187.17167
+

190.95319λ2

λ2 − 1039.98 × 107 . (23)

For ex vivo muscle tissue, the RI is changed from 1.4040 to 1.3703 in the visible to NIR [84].
The RI of mouse breast tissue measured ex vivo at a wavelength of 589 nm is 1.3985, and of
mouse kidney is 1.3625 at the same wavelength [134]. In the spectral range of 480-1550 nm, the
RI experimental values of rat skeletal muscle, breast and kidney are described by the Sellmeier
formula [84,134]:

n2
rat muscule(λ) = 1 +

0.86865λ2

λ2 − 7859.41024
+

592.91231λ2

λ2 − 3488.4 × 107 , (24)

n2
mouse breast(λ) = 1 +

0.87123λ2

λ2 − 31320
+

0.07898λ2

λ2 − 1.52766 × 107 , (25)

n2
mouse kidney(λ) = 1 +

0.82525λ2

λ2 − 12890.70
+

0.00676λ2

λ2 − 0.338425 × 107 . (26)

The refractive indices of the epidermis and dermis of the mouse skin are 1.4254 and 1.3932
for a wavelength of 589 nm [84]. The Sellmeier formulas for these tissues for the spectral region
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480-1550 nm are [84]:

n2
mouse skin (epidermis)(λ) = 1 +

1.01572λ2

λ2 − 7277.33697
+

758.33932λ2

λ2 − 4139.54 × 107 , (27)

n2
mouse skin (dermis)(λ) = 1 +

0.9257λ2

λ2 − 7612.03655
+

725.37558λ2

λ2 − 4142.65 × 107 . (28)

The specificity of adipose tissue, which is characterized by a high content of lipids and a low
content of water and blood, is its relatively high RI [80]. At a wavelength of 589 nm the RI of ex
vivo abdominal fat is equal to 1.4676, 1.4740, and 1.4369 for human, porcine, and rat tissues,
respectively. The differences are related to composition of triglycerides in adipose tissue. The
dispersion follows from the selective wavelength RI measurements using multi-wavelength Abbe
refractometer for these tissues is described by the following formulas [80]:

n2
human adipose(λ) = 1 +

1.1236λ2

λ2 − 10556.6963
+

0.2725λ2

λ2 − 1.8867 × 107 , (29)

n2
porcine adipose (λ) = 1 +

1.1322λ2

λ2 − 12334.2013
+

0.0245λ2

λ2 − 0.6530 × 107 , (30)

n2
rat adipose (λ) = 1 +

1.04837λ2

λ2 − 7169.84826
+

771.39225λ2

λ2 − 4144.33 × 107 . (31)

3.4. Refractive index of cells

The measurements of RI of cells allows for a deeper study and clarification of processes related
to cellular metabolism, such as hydration, oxidative stress, conductivity, metabolic processes,
and others [135]. The RI of cells correlates with its composition and thus can provide important
information for developing various biological models and assessing the optical properties of
tissues in general. Currently, all known methods for measuring cell RI can be divided into three
groups. The first group includes methods that allow for determining the average RI of cells. It is
assumed that the RI of a homogeneous cell suspension corresponds to the average value of the RI
of cells in solution [136,137]. The second group includes methods that allow for determining the
effective RI of cells. All methods of this group are united by the assumption that the RI of cells
is proportional to the concentration of proteins in its composition [138]. The third group consists
of methods based on creating a 3D map of RI of a single cell or a cell cluster [139–141].

The value of the RI of cells can vary for the same type of cells, depending on the presence
and distribution of intracellular organelles, expression and accumulation of a specific protein,
cell size and mass. However, the RI does not determine the type of cell, nor does tissue in
general. The RI of a cell is affected by the thickness of the cell membrane, the size of the nucleus
and organelles. In addition, experimental conditions such as temperature, chemical treatment,
osmotic pressure, samples of living or fixed cells, etc. also have a marked effect on the measured
values of the RI of cells.

At present, 3D tomography using RI reconstruction has become a promising research method
in the field of biophotonics. The method makes it possible to study optically thick samples
in a noninvasive way and without the use of chemical labeling. For example, it is possible to
image blood vessels and cells, which is important for translational and clinical medicine, as well
as for development of diagnostic methods based on imaging cytometry [139]. In Ref. [140]
demonstrate the use of 3D Quantitative Phase Imaging to evaluate dry mass RI distribution in
living and fixed cells and tissues. Changes in the RI values after the fixation process are revealed
in the reconstructed phase distributions and are on the order of 10−3. The RI values decrease and
the most significant losses are found in the cell nucleolus [140].
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Refractometry of cells is of great importance for the development of tissue optical clearing
technologies. Information about the RI of individual cells and their environment is extremely
useful to select the OCA providing maximum efficiency [84].

3.5. Measuring the refractive index in a wide spectral range

The dispersion curves obtained from discrete RI values may be enough for some studies, but, as
previously described, if a more realistic dispersion is necessary for a biological material or an
OCA, the K-K relations (Eq. (8) and Eq. (9)) may be used to calculate it from the µa(λ).

Using this experimental/calculation procedure, various studies were made to obtain the
dispersions of different tissues and tissue components [84]. Figure 9 presents the calculated
dispersions for the rabbit pancreas and brain cortex, obtained on two of those studies [9,79].

Fig. 9. Experimental and calculated broadband tissue dispersion of rabbit pancreas (a) and
rabbit brain cortex (b). Adapted with permission from: (a) Ref. [10]; (b) Ref. [9], which
was published under Creative Commons license, MDPI.

Both graphs in Fig. 9 show a good matching between the dispersions calculated with the K-K
relations and the ones calculated with the Cornu (Eq. (5)) or Cauchy (Eq. (7)) curves. Such
matching is perfect for longer wavelengths, and the differences observed in the UV range for the
case of the pancreas seem to indicate that due to the lack of experimental data with lasers in that
range, the calculated Cornu curve is somehow imprecise at shorter wavelengths. In both cases
presented in Fig. 9, the Cauchy (or Cornu) curves do not present SD, since they were calculated
to fit the mean discrete RI values that resulted from experimental data [9,79]. In the case of the
curves calculated through the K-K relations, SD shadows are presented, since the calculations
were performed 10 times in each case using the 10 µa(λ) from each tissue [9,79]. These curves
clearly present the absorption bands of hemoglobin at 411, 540/570 nm and of water at 980 nm.

3.6. Healthy and pathological tissues

The evaluation of the dispersion curves for healthy and pathological tissues also brings differenti-
ated information, which can be used in the diagnosis of certain diseases such as cancer.

First of all, changes in the development of pathology begin with changes in the protein
composition of the blood and correspondingly in the RI. In Ref. [142] shows the possibility of
determining various degree of cancer development in animals associated with the difference in
the dispersion of blood plasma in a wide range of waves from visible to THz [142].

The RI measurements of blood and its components can serve as the basis for the development
of methods for diagnosing diabetes mellitus. In Ref. [143] shows the differences in optical
properties, including RI, for glycated and non-glycated human hemoglobin fractions [143].
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Figure 10 presents the dispersion curves for human colorectal mucosa and human kidney, both
in the healthy and in the pathological (adenocarcinoma in the colorectal mucosa and CRCC in
the kidney) versions [26,74].

Fig. 10. Experimental and calculated broadband tissue dispersions of human normal and
adenocarcinoma colorectal mucosa (a), human normal kidney (b) and human CRCC kidney
(c). Adapted with permission from: (a) Ref. [26], MDPI; (b) and (c) Ref. [74], Elsevier,
which were published under Creative Commons license.

Figure 10 shows that as in the case of the rabbit tissues presented in Fig. 9, the dispersions
calculated with the K-K relations are well matched to the Cornu-type curves that were obtained
from discrete RI measurements performed on colorectal mucosa and kidney tissues. Although all
cases in Fig. 10 present similar results to the ones in Fig. 9, there is some important information
to retain from Fig. 10 regarding both types of human tissues – the dispersions for the pathological
tissues present higher values than the ones obtained for healthy tissues in the entire spectral
range. According to previous studies [84,144], the human pathological colorectal mucosa has
∼5% more mobile water than the healthy mucosa and similar results may occur in the kidney.
Such higher water content in the pathological tissues should originate a lower dispersion than
in the healthy version of the tissues, but instead the graphs in Fig. 10 show higher dispersion
curves for the pathological versions of the colorectal mucosa and the kidney. Such variations
in tissue dispersion from the healthy to the pathological cases show that they do not depend on
the additional mobile water in the pathological tissues. In fact, the water contribution to tissue
dispersion accounts for the whole water in the tissue, which contains the mobile water and the
one that is bound to the other tissue components. Since the total water content is in equilibrium
between adjacent tissues, its content in the healthy and pathological tissues is the same, but
when cancer develops, some of the bound water converts into mobile, as previously explained
[84,144]. Considering such total water content to be equal in the two versions of the same tissue,
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the increase observed in the tissue dispersion from the healthy to the pathological tissues must
be related to the formation of higher-dimension structures during cancer development, which
increase the RI of the tissue in the entire spectral range.

The RI of tumor tissue after transplantation of alveolar liver cancer cells PC1 to rats measured
using a multi-wavelength Abbe refractometer at a wavelength of 589 nm is equal to 1.3482, and
for the spectral range 480-1550, the dispersion is described by the following formula [143]:

n2
liver tumor (λ) = 1 +

0.80322λ2

λ2 − 8393.44
+

676.41λ2

λ2 − 4200 × 107 . (32)

The RI of breast mouse tissue samples after 28 days of cancer cells 4T1 injection and kidney
mouse tissue after 28 days of cell culture RenCa injection was 1.3945, and 1.3692 for wavelength
of 589 nm and the RI for the range of 480-1550 nm can be calculated using the formulas [134]:

n2
mouse breast cancer(λ) = 1 +

0.86053λ2

λ2 − 31355
+

0.02λ2

λ2 − 5.26295 × 106 , (33)

n2
mouse kidney cancer(λ) = 1 +

0.8511λ2

λ2 − 10111, 43
+

0.02325λ2

λ2 − 4.26688 × 106 . (34)

The length of the spatial autocorrelation in a small area of the tissue phase image can be
used as an intrinsic cancer marker in histopathology. This parameter is sensitive to nanoscale
cellular morphological changes and, therefore, may inform about carcinogenesis. In Ref. [145]
demonstrate a methodology for diagnosing benign and malignant breast tissue based on highly
sensitive quantitative phase imaging data obtained using spatial light interference microscopy
[145].

In Ref. [146] shows the possibility of using data for RI of blood cells and their environment to
select the optimal OCA in order to reduce scattering of erythrocytes and other blood cells and
significantly increase the probability to detect melanoma cells [146].

The analysis of the broadband µa(λ) that was made in section 2.1 and the analysis of the
broadband tissue dispersion that was made here have already provided discriminating information
between healthy and pathological tissues.

4. THz waves

4.1. Effective medium theory in THz tissue optics

Consider a common approach to describe the THz-wave–tissue interactions, that relies on the
effective medium theory and an assumption of the homogeneous and isotropic character of tissues
at the THz-wavelength scale [33,34,36]. Due to its simplicity, this approach is conventional for
THz biophotonics. As detailed in Refs. [33,34,36], such structural elements of tissues, as cell
organels, separate cells and their agglomerates, microfibrils, etc. [1], are small at the scale posed
by the THz wavelengths. This leads to the Rayleigh scattering of THz waves in such tissues [1]
and to a conventional assumption of their homogeneous and isotropic character [33,34,36,45].

Similarly to the THz dielectric response of liquid water, water solutions and biological liquids
[33], the THz response of the tissues has no resonant absorption peaks and can be described by
the frequency-dependent effective complex dielectric permittivity

ε̃ = ε′ − iε′′ (35)

with its real ε’ and imaginary ε’‘ parts, or the frequency-dependent complex RI

ñ = n′ − in′′ ≡ n − i
c0

2πν
α ≡

√
ε̃, (36)

where n≡n’ and n’‘ are its real and imaginary parts, ν is the electromagnetic-wave frequency, α
is the absorption coefficient (by field) in [cm−1], and c0≈3× 108 m/s is the speed of light in free
space.
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4.2. Measurement of the effective THz optical properties of tissues

Consider representative example of tissue characterization in the THz range in the framework of
the effective medium theory. For this, we discuss the results of Ref. [147], where THz pulsed
spectroscopy was applied to study ex vivo the freshly-excised (hydrated) human brain gliomas
of the different World Health Organization (WHO) grades, along with intact and edematous
tissues of the brain. In this work, 2, 9, 4, and 11 glioma sample of the WHO Grades I, II, III, and
IV, respectively, were considered. Perifocal regions of a tumor contained intact and edematous
tissues. For the THz measurements, the resected tissues were fixed by gelatin slabs to preserve
them from hydration / dehydration and sustain their THz response unaltered for few hours, as
compared to the freshly-excised ones [148]. Hematoxylin and eosin (H&E)-stained histology
was applied to confirm the initial diagnosis.

Reflection-mode THz pulsed spectrometer was used to study brain tissues [147]. The reflection-
mode measurements unit is shown in Fig. 11, which is based on a pair of gold-coated off-axis
parabolic mirrors and a quartz window with either air (free space) or tissues atop. The focusing
mirror has the focal length of f= 50 mm and the optical diameter of D= 25 mm, which results in
the diffraction-limited THz beam spot with the Airy disc radius defined by the Rayleigh limit

r =
1.22f

DnSiO2
λ ≡ 1.14λ, (37)

where nSiO2≈2.150 is the RI of a reference quartz window. Evidently, the spatial resolution of
the focusing system and the area of tissue surface, from which the signal is collected, increase
with free-space wavelength λ and decrease with frequency ν. The THz beam path is covered by
the plastic housing and purged with nitrogen gas, aimed at suppressing an impact of water vapors
on the measured THz data.

Fig. 11. THz pulsed spectroscopy ex vivo of the gelatin-embedded human brain gliomas.
(a) Reflection-mode THz measurement unit based on off-axis gold-coated parabolic mirrors
and a reference window, atop of which the tissue specimen is handled. (b), (c) Reference Er
and sample Es signals in the frequency and time domains, respectively. Reproduced from
Ref. [147] published by SPIE under a Creative Commons Attribution 4.0 Unported License.

The THz RI n and absorption coefficient α (by field) were quantified in the spectral range
of 0.2–1.5 THz. In Figs. 11 (b),(c), two signals of the THz-pulsed spectrometer are shown in
frequency domain and time domain:

• the reference one Er, reflected from a reference quartz window with a free space behind,
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• the sample one Es, reflected from a reference quartz window with a tissue sample behind.

They were used for reconstruction of the tissue optical properties. From Fig. 11 (c), we notice
that both reference and sample waveforms are comprised of three separate wavelets – A, B,
and C. Wavelets A and B correspond to THz-wave reflection from the “free space–quartz” and
“quartz–tissue” (or “quartz–free space”) interfaces, respectively, while C is the satellite caused
by the multiple reflection in the window. The wavelet A is equal for both reference and sample
waveforms. These three wavelets form an interference pattern in the frequency domain, as shown
in Fig. 11 (b).

Before the optical properties reconstruction, the apodization procedure is applied to both
the reference and sample waveforms – namely, the 20-ps-width fourth-term Blackman–Harris
window filter [149], centered at the peak of the wavelet B. It filters out a contribution of the
wavelets A and C from the waveforms and provides the frequency-domain resolution of ≃0.05
THz. Based on the wavelet B, the frequency-domain experimental and theoretical transfer
functions are defined:

H̃exp =
Ẽs
Ẽr

, H̃th =
R̃23
R̃21

, (38)

which depend on the Fresnel reflection of s-polarized THz wave from the “quartz–tissue” (or
“free space”) interface

R̃mk =
ñmcos(θi) − ñkcos(θt)
ñmcos(θi) + ñkcos(θt)

. (39)

Here, indexes m, k= 1, 2, and 3 correspond to the free space, quartz, and tissue, θi and θt define
the angles of incidence and transmittance. Finally, complex RI of tissues ñ ≈ ñ3 is quantified via
minimization of the vector error functional:

ñ3 = argminñ3 [Φ], Φ = ⎛⎜⎝
| |H̃exp | − |H̃th | |

|φ[H̃exp] − φ[H̃th]|

⎞⎟⎠ , (40)

where |. . . | and φ[. . . ] are operators allowing to extract modulus and phase of a complex value.
In Fig. 12, thus measured n, α-curves are shown for healthy and pathological tissues of the

human brain. For each tissue specimen, reproducibility of the experimental data and fluctuations
of the optical properties were examined by measuring different points of the sample surface.
Mean values n, α and error bars (±2.0σ / ≈ 95% confidential intervals; σ is the SD) are shown
for the intact tissues, edema, and gliomas of the WHO Grades I–IV. In complete accordance with
previous studies of glioma models from animals [55,150–153], statistical difference between
the THz optical properties of intact tissues and gliomas of the human brain, as well as the
intact tissues and edematous tissues are evident from Fig. 12. The effective RI n of all gliomas
and edematous tissues is higher than that of intact. The observed label-free contrast of several
percentages agrees with the results from Ref. [153]. At the same time, the THz response of
edematous tissues was found to be close to that of a tumor, and no differences between WHO
Grade I–IV gliomas were found.

The contrast between the gelatin-embedded intact tissues and gliomas is reportedly originate
from the increased water content in a tumor, that is caused by its abnormal microvascularity,
edema, and the presence of necrotic debris [55,154]. Other biological events, such as the
increased cell density and abnormal protein content in a tumor, also contribute to the contrast, but
their impact is much smaller than that of tissue water [55,154]. When using THz spectroscopy
and imaging for the intraoperative delineation of glioma margins, edematous tissues may be
confused with a tumor. Recently, capabilities of the THz diagnosis of traumatic brain injury
were demonstrated, that relies on different water content and spatial distribution of hematoma
components in normal and injured tissues [60–62]. Thus, we might expect fault positive results
of THz diagnosis of brain tumor in presence of traumatic injury.
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Fig. 12. RI n, absorption coefficient α (by field), and representative H&E-stained histology
of gelatin-embedded human brain gliomas of the different WHO grades ex vivo. (a)–(c)
WHO Grade I. (d)–(f) WHO Grade II. (g)–(i) WHO Grade III. (j)–(l) WHO Grade IV
(glioblastoma). Optical properties of tumors are compared with intact and edematous tissues.
The error bars define a± 2.0σ confidential interval of measurements (σ is the SD), which
accounts for the optical properties variation within each tissue type. Reproduced from Ref.
[147] published by SPIE under a Creative Commons Attribution 4.0 License.

Despite the considered measurement geometry (Fig. 11 (a)) and data processing routine, other
schemes of broadband THz spectroscopic measurements of hydrated tissues in vivo and ex vivo
are also available, such as reflection-mode with normal incidence [47,52] or highly-sensitive
total internal reflection configuration [155,156]. Furthermore, novel quantitative superresolution
THz imaging modalities appears annually, in order to uncover subwavelength heterogeneity of
tissues, study local distribution of the tissue optical properties over the imaging plane, as well
as related THz-wave scattering effects [67,157–159]. All these methods allow to estimate the
effective THz optical properties of tissues, that can play the role of physically-reasonable features
for the tissue differentiation.

4.3. Relaxation models of the effective THz optical properties of tissues

The effective THz optical properties of tissue do not have any resonant features [33,34,45].
THz response of tissues is usually described by the relaxation models of complex dielectric
permittivity ε̃, such as the double-Debye one [160–165] comprised of the two Debye terms

ε̃ = ε∞ +
∆ε1

1 + iωτ1
+

∆ε2
1 + iωτ2

, (41)

where ε∞ is a constant dielectric permittivity at a high-frequency limit, τ1, τ2 and ∆ε1, ∆ε2 are
the times and contributions (magnitudes) of the “slow” and “fast” relaxators, respectively, and
ω=2πν is a circular frequency. This model describes the two broad absorption bands in the loss
spectrum ε’‘, attributed to the “slow” and “fast” relaxations of liquid water or tissue water and
centered at the inverse relaxation times (2πτ1)−1, (2πτ2)−1. In turn, ε’-curve decreases with
increasing frequency ν, with the high- and low-frequency magnitudes of ε∞ and ε∞+∆ε1+∆ε2,
respectively. This model yields parametrization of both real ε’ and imaginary ε’‘ parts of the
complex dielectric permittivity ε̃ in the THz range for water and tissues using only 5 coefficients
– ε∞, ∆ε1, ∆ε2, τ1, and τ2.
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In Tab. 1, literature data on the double-Debye model parameters for water and tissues in
healthy and pathological states are summarized, where intact tissues, edematous tissues and
WHO Grade I–IV gliomas are also considered [165]. Such models of the effective complex
dielectric permittivity of tissues can be quite useful for further research and engineering efforts
in THz biophotonics, biomedical spectroscopy, and imaging. They can be applied to:

• describe (analytically) the THz-wave interaction with a multilayer object using the plane-
wave approximation, the Fresnel formulas, and the Bouguer–Lambert—Beer law, which is
of particular importance in spectroscopic measurements of tissues.

• model (numerically) the THz-wave interaction with a heterogeneous object of a com-
plex shape using methods of computational electrodynamics or statistical Monte-Carlo
approaches, which is of high importance in studies of the THz radiation transport in tissues;

• apply parameters of this dielectric permittivity model as physically-reasonable principal
components for the discrimination between tissues in healthy and pathological states [166].

Notice that the Debye kernel does not fulfill the sum rule for the oscillator strength [171–173]

N ∝

∞∫
0

σdω =
∞∫

0

ωε′′dω = finite, (42)

where σ is the dynamic conductivity. Therefore, when the sum rule is applied to the Debye
kernel, it predicts the infinite number of charge carriers or dipoles N underlying the dielectric
response of a medium. To mitigate this problem, the double-overdamped-oscillator model
was applied to describe the THz complex dielectric permittivity ε̃ of biological tissues [165].
The Debye kernel and the overdamped oscillator are practically equivalent at low-frequencies
ω≤(2πτi)−1, but for higher frequencies ω>(2πτi)−1 the Debye model predicts higher losses that
the overdamped oscillator [165,171]. In Ref. [165], an approach for the univocal calculation
of each overdamped-oscillator parameters based on the corresponding Debye kernel (and vice
versa) is described.

In contrast to the Debye kernel, the overdamped oscillator appears to be more physically
reasonable, since it satisfies the sum rule. Integration over the frequency ω of the dynamic
conductivity σ given by each overdamped oscillator results leads to the finite value

∆εω2
0 = ∆ε

Nqw

mε0
, (43)

where ∆ε is the overdamped oscillator strength (equal to that of the corresponding Debye
relaxator), ω0 is the quasi-resonance frequency (given by restoring force), N is the number of
dipoles contributing to the considered overdamped oscillator, q and m are effective charge and
mass of each dipole, and ε0= 8.85× 10−12 F/m is the electric constant. We also notice other
relaxation models of the complex dielectric permittivity ε̃ that can be applied to describe the THz
response of biological liquids and tissues; among them: the Cole-Cole [174,175], Davidson-Cole
[176], Havriliak-Negami [177] and Frohlich [178] models. However, their detailed analysis is
out of the scope of this review.

The two relaxation bands, described by the “slow” and “fast” Debye terms, are centered beyond
or at the edges of the spectral operation range of a typical THz pulsed spectrometer [34,165]. In
this way, when parametrizing the measured THz dielectric spectra by the double-Debye model,
one deals with extrapolation of the experimental data. This can lead to some uncertainties,
while the estimated parameters usually depend on the initial conditions and the applied fitting
procedures. Methods of broadband dielectric spectroscopy, which combine backward-wave
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Table 1. The parameters of the double-Debye model for water and
tissues

# Object ε∞ ∆ε1 ∆ε2 τ1, ps τ2, ps Ref.

1

Water

3.30 75.00 1.90 8.50 0.17 [167]

2 3.50 73.50 1.40 8.20 0.18 [168]

3 4.10 72.20 2.50 10.60 0.18 [160]

4 3.20 73.60 1.60 8.00 0.18 [164]

5 3.42 74.16 1.38 7.87 0.18 [169]

6

Intact human skin
(epidermis) in

vivo

2.89 20.34 1.74 3.82 0.11 [166]

7 3.00 56.40 0.60 10.00 0.20 [160]

8 2.58 10.54 1.58 1.45 0.06 [161]

9 2.86 25.70 1.76 4.80 0.10 [170]

10 3.00 54.40 0.60 9.40 0.18 [163]

11 Basal cell
carcinoma of the
human skin ex

vivo

2.90 28.53 1.90 4.35 0.11 [166]

12 2.58 13.37 1.58 1.55 0.06 [161]

13 3.02 72.25 1.95 11.02 0.13 [170]

14 Fibrous
connective tissues

of the human
breast ex vivo

2.10 72.60 1.80 10.30 0.07 [164]

15 Tumor of the
humor breast ex

vivo

2,50 73.60 2.80 9.10 0.08 [164]

16 Intact tissues of
the human brain

ex vivo

2.29 49.82 1.80 10.6 0.18 [165]

17 Edematous
tissues of the

human brain ex
vivo

3.48 61.37 1.58 10.6 0.18 [165]

18 WHO Grade I
glioma of the

human brain ex
vivo

3.29 50.54 1.93 10.6 0.18 [165]

19 WHO Grade II
glioma of the

human brain ex
vivo

3.40 61.37 1.93 10.6 0.18 [165]

20 WHO Grade III
glioma of the

human brain ex
vivo

3.32 56.32 2.03 10.6 0.18 [165]

21 WHO Grade IV
glioma of the

human brain ex
vivo

3.30 58.48 2.00 10.6 0.18 [165]

oscillator spectroscopy [179], THz pulsed spectroscopy, Fourier-transform IR spectroscopy [180],
impedance measurements [181], and other techniques, can help to obtain much accurate data
about the picosecond relaxation dynamics of liquid water and tissues. Despite attractiveness of
such broadband measurements, they still remain quite a daunting task due to technical difficulties.
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4.4. Light scattering in THz tissue optics

Despite the widespread use of the aforementioned effective medium theory in THz biophotonics,
many biological objects possess mesoscale (∼λ) structural heterogeneities and, thus, manifest
scattering properties in the THz range [33,34,36,45]. Evidently, for such objects, the Mie scattering
effects should be taken into account while describing the THz-wave – tissue interactions in
context of medical diagnostics or therapy [1,182]. Consider a few examples.

• In Refs. [34,183], structural inhomogeneities of freshly-excised (hydrated) breast tissues
ex vivo were studied both experimentally, using the superresolution THz microscopy,
and theoretically, using methods of the Mie scattering theory. THz optical properties of
separate fat cells and their agglomerates were found to differ from that of the surrounding
fibrous connective tissues. Such cells form sources of the Mie scattering. Parameters of
such scatterers (i.e., their scattering phase function, differential and integral cross sections,
and scattering anistoropy factor) differ completely from those inherent to the Rayleigh
regime [34].

• In Refs. [67,154], superresolution THz microscopy revealed structural heterogeneities of
intact brain tissues and glioma model 101.8 from rats ex vivo. Heterogeneities of intact
tissues were attributed to the different THz dielectric response of white matter and gray
matter, as well as other neurovascular structures of the brain. Heterogeneities of a tumor
were due to the presence of tumoral cell accumulations, necrotic debris, hemorrhages and
other factors.

• In Refs. [184–187], polarization-sensitive THz imaging provided useful information for
the differentiation between healthy and pathological tissues, which indirectly justifies the
Mie-like THz-wave scattering in such tissues. Namely, the observed changes in THz-wave
polarization cannot be described in the framework of the effective medium theory.

The discussed findings stimulate further research and development of novel approaches to
describe the THz-wave–tissue interactions, that simultaneously account for the dispersion and
absorption properties of tissue components, as well as geometry and organization of scatterers
in tissues. This approach could rely on the radiation transfer theory and the radiation transfer
equation, widely applied in the UV, VIS, and IR biophotonics [1,182,188]. Study of the scattering
effects in tissues and an interplay between the THz-wave absorption and scattering phenomena
remain important problem of THz biophotonics, that still remains unaddressed.

5. Tissue optical clearing

5.1. Introduction

The tissue immersion clearing technique has evolved greatly in the past 30 years, since various ex
vivo and in vivo studies have been made to reduce light scattering and increase tissue transparency
and light penetration depth [3,77,189–191]. Such increase in tissue transparency is obtained
through three main mechanisms, commonly designated as: tissue dehydration, RI matching and
protein dissociation [126,191]. These mechanisms occur during the immersion of the tissues in
an OCA or in a solution that contains the OCA, and the variations they create in the tissues are
time dependent. Consequently, to characterize the clearing mechanisms, kinetic measurements
must be performed over the time of treatment. Section 5.2 will discuss these mechanisms and the
associated measurement technology.

The kinetic measurements made during optical clearing of tissues may produce additional
information regarding the physiological composition of the tissue under study, or data that can
be used to discriminate pathologies [3,77]. Some examples of studies that produced such data
are discussed in section 5.2. If the kinetics measurements performed during tissue clearing are
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made in the UV, appropriate data processing can show that the RI matching mechanism is more
efficient in the UV range, where new tissue transparency windows can be artificially created
[192,193]. Since proteins have their absorption bands near 230 nm, the protein dissociation rate
can also be evaluated from kinetic measurements in that range. The evaluation of such rate from
healthy and pathological tissues produces differentiated values that can be used for diagnostic
purposes [193]. Such studies and results will be presented in section 5.3.

5.2. Mechanisms and technology

Biological tissues contain various components, such as cells, protein fibers and globules, lipid
droplets and phospholipid membranes, which are distributed in a background liquid, usually
designated as interstitial fluid (ISF). The same heterogeneous composition occurs within the
cells, since the nucleus, mitochondria and organelles are surrounded by the cytoplasm [126,194].
Both the cytoplasm and the ISF are mainly composed by water (>90% in volume), where some
minerals, proteins and salts are dissolved [3,77,195]. As a consequence of the high water content
in tissue/cell fluids, which turns their RI low, a strong RI mismatch is created between those
fluids and the other tissue/cell components (commonly designated as tissue scatterers) [3,196].
This RI mismatch, which can be quantified by the relative RI (m), is significantly responsible
for the strong light scattering properties that tissues present [126]. By knowing the RI of tissue
scatterers (nscat) and the RI of the ISF (nISF), m is calculated as [3,77,197]:

m =
nscat
nISF

. (44)

Usually, m is calculated at 589.6 nm [77], but due to the wavelength dependence of nscat and
nISF, m will also depend on the wavelength [3,193]. At this wavelength and for a temperature of
20 °C, nISF for most tissues ranges between 1.35 and 1.37 [77], while nscat is much higher, in the
range of 1.474 for collagen fibers in scleral tissues [198], or 1.530 for hydrated muscle fibers
[194,199]. Considering these examples, they originate m values between 1.08 and 1.09 for the
sclera and between 1.12 and 1.13 for the skeletal muscle [126]. These examples show that m
always presents values higher than unity, meaning that light scattering will occur in those tissues.
If m= 1 for a tissue at a particular wavelength, it means that the tissue is transparent to light at
that wavelength. The magnitude of m is a measure of light scattering in biological tissues [3].

The objective of applying tissue immersion clearing treatments is to reduce light scattering
inside through the approximation of nISF to nscat that leads to the increase in tissue transparency
and in light penetration depth. By doing that it will be possible, as an example, to increase the
contrast and the resolution in images acquired from deeper tissue layers [1,126,200,201]. The
tissue immersion clearing technique has been a subject of intensive study in the last 30 years,
with increasing number of publications every year [3,126,190].

The increase in nISF to approach it to nscat is achieved in this technique by replacement of the
water in the tissue fluids by an OCA with higher RI, an exchange that is obtained through two
fluxes – the water flux out from the tissue and the OCA flux into the interstitial or intracellular
locations. These two fluxes are directly connected to the tissue dehydration and RI matching
mechanisms of tissue clearing [3,126,191], and the evaluation of the diffusion properties of the
OCA and water in the tissue allows the characterization of both fluxes and of the two mechanisms
[191]. To explain these two clearing mechanisms, we consider an ex vivo tissue slab sample that
is immersed in a solution containing an OCA. The osmotic pressure that the OCA molecules
create over the tissue sample induce a fast flux of the mobile water in the ISF out from the tissue
[191]. With the mobile water flowing out, the OCA molecules in the treating solution start
diffusing into the tissue to replace the water that has left the ISF. Due to the fact that the OCA
has a higher RI than water, closer to the RI of the tissue scatterers, such OCA diffusion into the
tissue leads to the increase of the mean RI of the ISF, turning it closer to the RI of the tissue
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scatterers [202]. Considering this explanation, we see that the water flux out is directly connected
to the tissue dehydration mechanism and the diffusion of the OCA molecules into the tissue is
directly connected to the RI matching mechanism [126,191,203]. With the accumulation of the
OCA molecules inside, the protein dissociation mechanism might also occur, depending on the
ability of the OCA to dissociate proteins and on the amount of proteins that the tissue under study
contains [126]. The reversibility of all these three mechanisms has been verified and it has been
proven that they all contribute to the increase of tissue transparency [3,126].

The characterization of the tissue dehydration and the RI matching mechanisms can be
made from kinetic measurements performed from tissue samples under treatment with aqueous
solutions that contain different osmolarities of an OCA [3,191]. If Tc and thickness measurements
performed during the clearing treatments are available, it is possible to obtain the diffusion
time (τ) and the diffusion coefficient (D) for any treatment with a particular osmolarity of the
OCA [191,204]. After selecting a spectral range where the tissue under study presents a linear
increasing Tc in its natural state, without any absorption bands, discrete wavelengths within that
range are selected to calculate the Tc kinetics during the treatment. Those kinetic curves are
processed to consider only the time interval that corresponds to the initial smooth exponential
increase of Tc. Such trimmed kinetic data is first displaced to have Tc= 0 at the beginning of the
treatment (t= 0), and then normalized to its highest value. This way, with every kinetic dataset
for the selected wavelengths varying between 0 and 1, it is possible to adjust the experimental
points with a curve described by the following relation [3,126,190,191,203–205]:

Tc(λ i, t) ≅
[︃
1 − exp

(︃
−

t
τi

)︃]︃
, (45)

where λi represents the wavelength that corresponds to the selected dataset of kinetic points
and τi is the diffusion time that is estimated during the data fitting [126]. Since one τi value is
estimated during the fitting of the data that corresponds to each of the selected wavelengths, to
obtain the characterizing diffusion time for the treatment, mean and SD values are calculated
from the estimated τi values. After performing these data processing tasks for all treatments, a
representation of the mean τ values as a function of the OCA concentration in the treating solution
is made [205]. The points in that representation are interpolated with a spline curve to show the
true dependence between the two parameters. Such curve will show a minimum τ value for the
highest OCA concentration used and a maximum for an intermediary concentration, which may
not coincide with one of the OCA concentrations studied experimentally [203]. The minimum τ
value obtained from the graphical representation corresponds to the diffusion time of water in the
tissue, since the highest OCA concentration induces only the water flux in the first two minutes
of treatment. The highest τ value obtained corresponds to the diffusion coefficient of the OCA
in the tissue, due to the fact that for the OCA concentration that originates such maximum, the
water in the solution is balanced by the mobile water in the tissue, and only the OCA flux into
the tissue occurs. The identification of this maximum value also provides information about the
mobile water content in the tissue, if that information is not previously available for the tissue
under study [203–205]. Once the characteristic τ values for the unique OCA or water fluxes are
obtained from the graphical representation, they can be combined with sample thickness (d)
values obtained at the same time as the estimated τ values during the treatments with the same
OCA osmolarities to calculate the corresponding D values. Such calculation is made according
to the following relation [203–205]:

DOCA/H2O =
d2

π2τ
. (46)

Various studies using this methodology were performed to obtain the characteristic τ and D
values for water and OCAs in various tissues [3,126,190,191,203–205]. An example of those
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studies was recently made to characterize the optical clearing mechanisms created in skeletal
muscle by gadobutrol, the active OCA in GadovistTM [206]. Figure 13 presents the mean Tc
spectrum of rabbit skeletal muscle obtained from 10 samples used in that study.

Fig. 13. Mean Tc spectrum of the rabbit skeletal muscle. Adapted with permission from
Ref. [206], which was published under Creative Commons license, Wiley.

Considering the spectral range between 600 and 800 nm in the spectrum presented in Fig. 13,
we see that the rabbit skeletal muscle presents an almost linear increasing Tc with increasing
wavelength. Figure 14 presents the mean Tc kinetics at discrete wavelengths within this range
for the treatments performed on muscle samples with aqueous solutions containing 20%, 40%
an 50% (in volume) of gadobutrol. The treatments applied to the muscle samples with each
gadobutrol solution were performed 3 times to originate mean kinetics data as presented in
Fig. 14.

Similar kinetics graphs were calculated for the treatments with other solutions that contained
gadobutrol in the concentrations between 20% and 50%. As explained in Ref. [206], the solutions
used in this study were prepared by mixing Gadovist with water, but since the Gadovist already
contains 50% of gadobutrol, no higher-concentrated solutions were possible to prepare.

The kinetics datasets in all treatments were processed, as described above, to have the initial
smooth exponential increase variating between 0 and 1. Each of those datasets was fitted with
a curve described by Eq. (45) to estimate the corresponding τ value. The mean and SD for τ
that were calculated for each treatment are represented in Fig. 15 as a function of the gadobutrol
concentration in the treating solution.

Although the solution with the highest concentration of gadobutrol used in this study had only
50% of this agent, the fitting curve in Fig. 15 was extended up to a concentration of 60% to
see if a reliable τ for the water flux could be obtained. The extended curve shows that for the
concentration of 60% for gadobutrol in solution, τ=58.9s. Assuming this value to be correct,
and since gadobutrol is an iso-osmolar agent, which does not induce sample thickness variations
[206], we can calculate D for water in these treatments through Eq. (22) as 4.30× 10−6 cm2/s,
a value that is not too different from the 3.20× 10−6 cm2/s reported in Ref. [205] for water in
muscle tissues. This result shows that by extending the spline in Fig. 15 to (a) concentration of
60%, a reasonable estimation of D for water in the skeletal muscle was obtained. The estimated
τ/D values are reasonable to characterize the water flux out and the tissue dehydration mechanism.

Regarding the RI matching mechanism, Fig. 15 shows that the unique flux of gadobutrol
occurs for the concentration of 40%, a concentration that is similar to the concentrations
obtained in other studies for the unique OCA fluxes into skeletal muscle and other healthy tissues
[132,191,203–205]. This means that the mobile water content in the skeletal muscle of the rabbit
is also 60%, as obtained for those tissues [132,205]. The maximum τ value in Fig. 15 is 198.6s,
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Fig. 14. Muscle Tc kinetics at discrete wavelengths for the treatments with aqueous
solutions containing 20% (a), 40% (b) and 50% (c) of gadobutrol. Adapted with permission
from Ref. [206], which was published under Creative Commons license, Wiley.

Fig. 15. Mean τ as a function of gadobutrol concentration in the treating solution. Adapted
with permission from Ref. [206], which was published under Creative Commons license,
Wiley.
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which can be used in Eq. (46) to calculate the characteristic D for the gadobutrol diffusion in
the muscle. As mentioned above, this agent is iso-osmolar and no sample thickness variations
are expected during treatments. To confirm this, and since the solution with 40% of gadobutrol
was available, three muscle samples were submitted to thickness kinetic measurements during
treatment. In each of the three studies, the muscle sample was placed inside two thin glasses,
with uniform thickness, and a digital micrometer was used to measure the global thickness
during 30 min of treatment. At the end, the thickness of the glasses was subtracted to the
measurements to obtain the sample thickness over the time of treatment. After averaging between
the measurements performed in the three studies, the kinetic thickness measurements resulted in
low variations, within the measuring error of the setup used. Once again considering the sample
thickness to be 0.5 mm, the gadobutrol diffusion in muscle is characterized by a D of 1.28× 10−6

cm2/s.
The method used to produce the results presented above is reliable to obtain the diffusion

properties of water and OCAs in biological tissues, since it has been validated in various
tissues under treatment with different OCAs [205]. As previously mentioned, such diffusion
properties characterize the clearing mechanisms, but they are also useful for cryopreservation
or food-industry applications, since some of the OCAs are also used in the cryopreservation of
organs and sugars are sometimes added to fruits or other food products as conservation agents
and sweeteners [3]. This method to obtain the diffusion properties of OCAs in tissues may
also be used to discriminate pathologies. Section 5.3 discusses its application in the case of
colorectal cancer, where differentiated results were obtained. The protein dissociation mechanism
is not easy to study, since proteins present their absorption bands in the 200-230 nm range,
as mentioned above. In the UV there are several absorption bands, which overlap each-other,
and such absorption combined with a huge scattering turns it difficult to evaluate the third
mechanism of optical clearing. To overcome this difficulty, a calculation method, based on kinetic
measurements made from tissues during optical clearing treatment with highly concentrated
glycerol solutions, was recently proposed to characterize the protein dissociation mechanism
[193]. Since the measurements used in that method report to the deep-UV, such discussion and
presentation of results will be made in section 5.4.

5.3. Healthy and pathological tissues

The kinetic measurements that are performed from tissues during optical clearing treatments are
sometimes useful to obtain information about tissue physiology or differentiated data between
healthy and pathological tissues, which can be used for diagnostic purposes.

To study and compare between the diffusion properties of glucose in human colorectal mucosa
tissues in the normal and adenocarcinoma versions, the authors of Ref. [132] used the method
described in the previous section. In this study, the tissue samples were collected from 15
individuals (12 men and 3 women), with ages ranging from 43 to 94, that were under treatment
procedures at the Portuguese Oncology Institute of Porto (Portugal). Due to the limited glucose
solubility in water, solutions containing this sugar in concentrations between 10% and 54%
were used in this study to treat both versions of the tissues. Considering the Tc measurements
to evaluate the τ values for glucose and water, three treatments of 30 min were made for each
tissue under treatment with a particular glucose solution. After estimating the mean τ values
for each treatment, the representation in Fig. 16(a) was created, where the data for normal and
adenocarcinoma tissues were interpolated independently. Thickness kinetic measurements were
also made from both types of tissues under treatment with particular glucose solutions to calculate
the characteristic D values for water and glucose. The mean of three thickness measurements
for each treatment are presented in Fig. 16(b) for the normal mucosa and in Fig. 16(c) for the
adenocarcinoma tissue [132].
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Fig. 16. Mean τ as a function of glucose concentration in the treating solution (a) and
mean sample thickness kinetics of the normal mucosa (b) and of the adenocarcinoma (c) for
different treatments. Adapted with permission from Ref. [132], which was published under
Creative Commons license, SPIE.

The graph in Fig. 16(a) shows differentiated data for the normal and pathological mucosa
tissues. Looking into the maximum τ values, the normal mucosa presents this value for a
concentration of 40.6%, while the adenocarcinoma presents such value for a concentration of
35.6%. This difference in the concentrations where the maxima of τ occur indicate dissimilar
mobile water content in the two tissues. The normal mucosa has a mobile water content of 59.4%,
while that content in the adenocarcinoma is 64.4%, 5% higher than in the normal mucosa. The
maximum τ values that characterize the unique glucose flux are also different in the two tissues.
For normal mucosa it is 302.4s, while for the adenocarcinoma it is 325.1s. The characteristic τ
for the water flux is obtained for the concentration of 54% in the two tissues: 55.7s in the normal
mucosa and 58.4s in the adenocarcinoma [132]. Although these values are a little different, they
are very approximated and consistent to others obtained from other tissues in the same conditions
[205].

To calculate the D values for each case, thickness kinetics measurements were made from
normal mucosa samples under treatment with solutions containing 40% and 54% of glucose
and from adenocarcinoma samples under treatment with solutions containing 35% and 54% of
glucose. Those graphs are presented in Fig. 16(b) for the normal mucosa and in Fig. 16(c) for
the adenocarcinoma. Considering all the estimated τ values above, the appropriate thickness
values were retrieved at those times of treatment from the corresponding curves in Fig. 16(b)
for the normal mucosa and from Fig. 16(c) for the adenocarcinoma. Using these thickness
values and their corresponding τ values in Eq. (46), the various D values were calculated for
glucose and water in the two tissues. The results of these calculations were: Dglucose= 5.8× 10−7

cm2/s and DH2O= 3.3× 10−6 cm2/s in the normal mucosa and Dglucose= 4.4× 10−7 cm2/s and
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DH2O= 2.4× 10−6 cm2/s in the pathological mucosa [132]. After obtaining differentiated τ/D
values for the two tissues, we see that such information can be used to differentiate colorectal
cancer. Further studies with the same method should be done in vivo using diffuse reflectance (Rd)
spectral measurements to replace the Tc measurements used in the study reported in Ref. [132].
If such measurements are combined with optical coherence tomography measurements, thickness
kinetics could also be acquired. After performing such evaluation in vivo and for different stages
of colorectal cancer development, this technique could be applied for early detection of this
disease.

5.4. UV wavelength range

The protein dissociation mechanism was initially discovered in skin tissues under treatment with
glycerol using imaging methods [207], which also allowed to observe the mechanism reversibility
after washing out the glycerol molecules with saline. Later the same mechanism was once again
observed in skin under treatment with sugars [208,209]. As already mentioned above, due to the
fact that the absorption bands of proteins are located in the deep-UV, where other absorption
bands and huge scattering occur in biological tissues, the protein dissociation mechanism is
difficult to detect and characterize [94,95]. Figure 13 helps in understanding this difficulty, since
the Tc spectrum of the skeletal muscle in the 200-230 nm range, where the protein absorption
bands occur, is practically null. With such small Tc values in the deep-UV range, any variations
induced by the clearing treatments will also be small, and imperceptible. Figure 17 shows the
mean time-dependence of the Tc spectrum measured from 5 samples of skeletal muscle under
treatment with a solution containing 60% of glycerol.

Fig. 17. Mean kinetics of the Tc spectrum of rabbit skeletal muscle under treatment with
60%-glycerol solution for the wavelength range between 200 and 1000 nm (a) and between
200 and 500 nm (b). Courtesy of L. Oliveira.

From the graphs in Fig. 17, we see that the magnitude of the transparency created in the
muscle tissue increases with the wavelength, with the exception of the Soret band, where the
increase is significantly smaller. The highest values in the created transparency are seen in
the infrared, as represented in Fig. 17(a). In the deep-UV, such increase is practically null, as
represented in the magnification of Fig. 17(b). Such behavior was previously observed not only
for skeletal muscle, but also for other tissues, such as human gingival or normal and pathological
colorectal mucosa tissues [193]. A method was recently proposed by the authors of Ref. [193]
to overcome the problem of huge scattering and strong absorption in the UV region, so that
the spectroscopic characterization of the protein dissociation mechanism becomes possible.
According to these authors, to be able to see the small changes that occur in the deep-UV, it is
necessary to calculate the time-dependent relative variations, which they designated as optical
clearing efficiency (OCeff). The application of this calculation was previously used to show the
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creation of tissue-induced transparency windows in the deep-UV in the skeletal muscle under
treatment with glycerol-water solutions [192]. In that study, it was observed that by increasing
the glycerol concentration in the treating solution, the magnitude of the transparency window at
230 nm also increases, showing that by adding more glycerol molecules to the interstitial space,
more proteins are dissociated. It was demonstrated in Ref. [193] that the OCeff can be calculated
both from Tc or Rd spectra in a broad spectral range that includes the deep-UV. Such calculation
was defined as [193]:

OCeff(λ) =
|Tc(λ, t) − Tc(λ, t = 0)|

Tc(λ, t = 0)
×100%, (47)

OCeff(λ) =
|Rd(λ, t) − Rd(λ, t = 0)|

Rd(λ, t = 0)
×100%, (48)

where Tc(λ, t) is the collimated transmittance of the tissue for wavelength λ at any time of
treatment t; Tc(λ, t= 0) is the collimated transmittance at λ for the native tissue (t= 0); Rd(λ, t) is
the diffuse reflectance of the tissue at λ acquired at the time of treatment t and Rd(λ, t= 0) is the
diffuse reflectance of the untreated tissue at λ.

The results presented in Ref. [193] show that deep-UV transparency windows are induced by
highly concentrated glycerol solutions both in human gingival and colorectal mucosa tissues. In
the case of gingival tissues, 99.5% pure glycerol created a transparency window at 218 nm after
a treatment of 60 min, reaching an increase of 3500%. In the human colorectal mucosa, both
normal and adenocarcinoma tissues were used to look for differences in the created transparency
windows and protein dissociation mechanism. These tissues (5× each) were studied under
treatment with 93% pure glycerol for 30 min. Figure 18 presents the mean kinetics for the
OCeff(λ) obtained from this study for both mucosa tissues.

Fig. 18. Kinetics for the OCeff(λ) of human normal colorectal mucosa (a) and adenocarci-
noma (b) tissues. Reprinted from Ref. [193] with the permission of IEEE.

The graphs presented in Fig. 18 show that both mucosa tissues show a clearing-induced
transparency window with central wavelength at 200 nm, which continues to grow over the time
of treatment. The magnitude of such window in the adenocarcinoma tissue is higher than in
the normal mucosa during the entire treatment, indicating that the first contains more proteins.
This result is according to literature, since it has been reported that proteins accumulate in
higher quantities as cancer develops [210]. Since the Deep-UV window has its peak at 200 nm,
this wavelength is the one that is better associated to the protein dissociation phenomenon.
Consequently, the information that can characterize the protein dissociation mechanism must
be retrieved from the OCeff kinetics at that wavelength. As reported in Ref. [193], the
OCeff(λ=200 nm) kinetics was analyzed, and it was verified that between 3 and 10 min of
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treatment a linear behavior with different inclination for both tissues occurred. The kinetics of
OCeff at 200 nm is represented in Fig. 19, along with the linear fitting obtained for the normal
and adenocarcinoma mucosa tissues between 3 and 10 min of treatment.

Fig. 19. Kinetics for the OCeff(λ=200 nm) of human normal colorectal mucosa (a) and
adenocarcinoma (b) tissues. Reprinted from Ref. [193] with the permission of IEEE.

Looking into the equations for the linear fittings that are represented in each panel of Fig. 19,
we see that the in the case of the adenocarcinoma, a higher slope was obtained, which is about
3× higher than in the normal mucosa. If we consider that slope to be the dissociation rate of
proteins in the mucosa tissues, we can say that the treatments have dissociated 27.36 proteins per
min in the normal mucosa and 79.14 proteins per min in the adenocarcinoma.

The information gathered from the graphs in Fig. 19 allowed to obtain a characterization
parameter for the protein dissociation mechanism of optical clearing – the protein dissociation
rate, which is differentiated between normal and pathological mucosa. Such data is highly
important, since similar studies can be performed to obtain the protein dissociation rate from
samples in different stages of colorectal cancer progression. Performing such studies in other
types of cancer is also of interest, since the information collected in those studies, which can be
obtained from minimally invasive spectroscopy measurements, like from Rd spectra, can be used
to establish a relation between the protein dissociation rate and the cancer stage of development.
Such relation could be used in periodic screening exams to perform an early detection of cancer
and increase the life expectancy of the patient.

After analyzing the broadband spectral data, and especially in the deep-UV, that was collected
from normal and diseased tissues, we see that the optical immersion clearing technique is a
powerful tool to obtain diagnostic information. For this reason, further studies involving tissue
clearing procedures and broadband spectroscopy measurements need to be performed, both in
the tissues here discussed and in others where no information is currently available.

5.5. THz waves

The high THz-wave absorption by tissue water is a severe reason that reduces the penetration depth
and corresponding applicability of THz techniques in biophotonics [33,34,36,45]. Immersion
optical clearing represents a promising solution to this problem, that is rather cost effective and
can be applied either ex vivo and in vivo [1,77,188,200,211,212].

This method is based on the application of specific chemical agents to a tissue, which leads to
water diffusion from the tissues and agent diffusion into them. This results in substitution of free
and weakly bound tissue water by an agent and provides temporal and reversible reduction of
the tissue water content (tissue dehydration), RI matching, tissue shrinkage and better ordering
[1,188,213]. In the VIS–IR ranges, immersion optical clearing significantly suppresses the light



Review Vol. 14, No. 1 / 1 Jan 2023 / Biomedical Optics Express 284

scattering in tissues, thanks to the achievement of tissue spatial homogeneity. Meanwhile, in
the THz range, where scattering effects are not so dominating and only the tissue water strongly
absorbs the THz waves, the reduction of water content is more important, leading to the increased
depth of THz-wave penetration in tissues [214–216].

For example, glycerol has a much lower absorption coefficient than that of liquid water and,
thus, enables reduction of the tissue THz absorption coefficient α, improvement of the THz-wave
penetration in tissues and higher contrast in the THz images of tissues; see Fig. 20 [217]. One
should also keep in mind that immersion optical clearing leads to a reduction of the effective RI
of tissues, thus, reducing or managing the Fresnel reflectivity and corresponding Fresnel losses
during the THz measurements.

Fig. 20. Example of the THz-wave penetration depth enhancement using the immersion
optical clearing, where glycerol is applied, as an immersion OCA, to a 224-µm-thick abdomen
skin tissue ex vivo from a mouse. (a) A photo of the tissue specimen. (b),(c) THz pulsed
images of the knife below a tissue using peak-to-peak values of the entire THz waveform or
of the THz waveform part at the delays >7.5 ps, respectively. Reproduced from [217] with
the permission of Optica Publishing.

For successful immersion optical clearing in the THz range, the agents, applied to tissues and
temporarily changing their structure and water content, should be biocompatible and nontoxic,
possess hyperosmotic status and a high diffusion coefficient, and (what even more important) have
low THz absorption coefficient α (i.e., much lower than that of water). Fortunately, numerous
chemicals have such a combination of physical properties, thus, demonstrating the immersion
clearing potential. Among them, we notice glycerol, polyethylene glycol (PEG), propylene glycol
(PG), ethylene glycol (EG), dimethyl sulfoxide (DMSO), etc. Despite they are commonly used in
the VIS–IR ranges, there is a lack of data about their THz optical properties. Selection of an
appropriate agents for the immersion optical clearing of tissues in the THz range is a complex
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task, that requires THz dielectric measurements of pure agents, their aqueous solutions, as well
as biological tissues exposed to these agents [218–222].

To partially mitigate this issue, in Ref. [221], a comprehensive analysis of the common
immersion OCAs in THz range was performed, aimed at the selection of optimal agents for the
efficient enhancement of penetration depth of THz waves into tissues. THz pulsed spectroscopy
was applied to study the optical properties of common agents in the 0.1–2.5 THz range. Using
the VIS collimated transmission spectroscopy, binary diffusion coefficients D of tissue water
and agent were measured using the intact rat brain tissues ex vivo. The considered agents
were objectively compared using the 2D nomogram, that simultaneously account for the THz
absorption coefficients α and binary diffusion coefficients D of pure agents and their aqueous
solutions (Fig. 21). The results of this study demonstrate an interplay between the penetration
depth enhancement and the diffusion rate of an agent, while glycerol was pointed out as somewhat
optimal agent among the considered ones.

Fig. 21. A nomogram that compares immersion OCAs and their 70% aqueous solutions,
considering the experimental data of their THz absorption coefficients α (by field) at 1.0
THz and binary diffusion coefficients D (into rat brain tissues ex vivo). Mean values are
shown by markers, while measurement errors – by colored areas. Reprinted from Ref. [221]
with the permission of Wiley.

Finally, we notice that, along with the immersion optical clearing, compression optical clearing
can be applied for the temporal local dehydration of tissue in vivo and more close packing of its
components due to mechanical squeezing or stretching [189,223]. This can also improve the
depth of THz-wave penetration into soft tissues in vivo. According to Ref. [223], the effective
THz RI of human skin undergoes significant changes of over 10% when mechanical pressure
of 1.5–3.5 N cm−2 is applied to tissues; see also [224]. Such results should be accounted for in
all contact THz measurements, since they are very sensitive to the physical force applied to a
subject, as well as to the occlusion effects.

6. Problem of broadband tissue measurements

Nowadays, measurements of tissues optical properties are usually carried out independently in
different spectral ranges, using specific experimental tools, methods, and light – matter interaction
models. In fact, in the UV, visible, and NIR ranges, a variety of the experimental techniques exist
to characterize tissues (integrating-sphere spectroscopy, collimated transmission spectroscopy,
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diffuse light scattering spectroscopy, optical coherence tomography, etc.), while the light – tissue
interactions are commonly described in the frameworks of the radiation transfer theory and the
Mie scattering theory, which account for both the absorption and scattering effects [1]. In turn,
in the THz domain, different modalities of pulsed or continuous-wave spectroscopy and imaging
are vigorously explored and applied to study tissues. Related THz-wave – tissue interactions are
usually interpreted in the frameworks of the effective medium theory and the relaxation models
of tissue complex dielectric permittivity, while no method exists to study THz-wave scattering
in tissues; thus, the latter is commonly neglected [33,34,36,45]. Meanwhile, we still possess
quite limited knowledge on the electrodynamic response of tissues (healthy or pathological,
intact or under the immersion optical clearing conditions) in the MIR, FIR, and THz bands.
Thereby, bridging the gap between the high-frequency (UV–NIR) and low-frequency (FIR–THz)
parts of the electromagnetic spectrum, development of the unified approaches to describe the
electromagnetic-wave – tissue interactions, and studying the interplay between the absorption and
scatting effects in such a broad spectral range remain challenging problems of applied physics,
electrodynamics, optics, and biophotonics.

To mitigate them, broadband spectroscopic measurements of tissues are in order, that still
remain a daunting task, due to the lack of appropriate experimental techniques. Indeed, nowadays,
it appears to be almost impossible to simultaneously (in a real-time regime or within a realistic
time interval) characterize the response of tissues in a broad UV–THz range. Quite a limited
number of unique multimodal experimental approaches is capable of broadband measurements.
For examples, a favorable combination of backward-wave oscillator spectroscopy, THz pulsed
spectroscopy, and Fourier-transform IR spectroscopy allows to reconstruct the optical properties
of an analyte in the NIR–THz range, but works mostly with solid and liquid objects, and it
still to be applied to biological tissues [179,225]. Next, consider innovative approaches for
broadband pulsed generation in laser gas plasma excited by femtosecond visible or NIR laser
pulses [226,227]. They produce broadband pulsed radiation spanning the THz–NIR range, with
the bandwidth as high as 0.1–200 THz [228,229]. Being aided by the ultrathin electrooptical
detectors [230] or the interferometric (Fourier transform) measurement principles [225], such
advanced emitters have a potential in the NIR–THz spectroscopy of an analyte (relying on a
single measurement). At the same time, these emitters require intense (energy >1 mJ) and short
(<10 fs) laser pulses to produce gas plasma, which makes them quite rare, labor intensive, and
expensive. They also have poor stability, making them sub-optimal for spectroscopy. Finally, we
highlight modern approaches for the supercontinuum generation (in non-linear media [231], solid
waveguides [232], or hollow-core microstructured fibers [233,234]) and the broadband optical
parametric generation (in bulk, periodically-poled, or microstructured non-linear media) [235].
Generally, they are capable of broadband spectral operation range (UV–MIR) and suitable for
spectroscopy and pump-probe experiments [236,237], but remain rare and cumbersome, which
hampers their applications in biophotonics.

Therefore, it would take considerable research and engineering efforts to make possible
broadband UV–THz characterization of biological tissues. Here, we only pointed out possible
technical solutions of this problem. Development of such experimental techniques will broaden
our fundamental knowledge of the electrodynamic properties of tissues, as well as help us to
introduce novel optical methods for the medical spectroscopy and imaging of tissues, including
the multimodal ones.

7. Conclusion

The calculation of the spectral optical properties of biological tissues, namely the spectral
dependence of absorption coefficient or the tissue dispersion, provides numerous information
about their internal composition. By analyzing such spectra, we verify that the presence of
pigments, such as melanin and lipofuscin, could be identified. The quantification of blood content
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can also be retrieved from such spectra, by calculating the fold ratios at the wavelengths that
correspond to the main absorption bands of blood hemoglobin. By comparing such information
between the healthy and pathological versions of the same tissues, differentiated pigment contents
and higher blood contents were found for the diseased tissues. Although these results were
obtained from measurements performed on ex vivo tissue samples, the similar analysis and results
can be obtained in vivo, if diffuse reflectance spectra are used to develop the machine learning
algorithms for generation of the spectra for those optical properties. One such application could
be used to perform early detection of cancer.

The use of UV radiation in Biophotonics is a field that needs strong exploration. This spectral
range is where biological tissues present a large number of strong absorption bands combined
with a strong multiple light scattering, discourage researchers to use it. The UV radiation is
cytotoxic, which is also a disadvantage, but its application to tissues in small doses and for short
periods of time may be beneficial to evaluate and characterize the DNA/RNA and various types
of protein connections, or even to treat pathologies. The inactivation of the COVID-19 virus was
recently accomplished with UV light, as discussed above. The combination of UV spectroscopy
with optical clearing treatments has also demonstrated that the dissociation of proteins occurs at
different rates in healthy and pathological tissues. Further studies to evaluate such dissociation
rates in different stages of cancer development need to be performed urgently to acquire precise
diagnostic information that identify the stage of the pathology development through the recurrent
and non-expensive screening exams for cancers that are a major concern worldwide.

Reliable experimental data for the optical properties of various tissues and their components in
a wide wavelength range are required for the most complete description of the optical properties
of multicomponent tissues, in particular, in in vivo studies. For example, in solving direct and
inverse problems of the interaction of light beams with complexly organized tissues by using
Monte Carlo statistical simulations. Section 3 describes the features of measuring the refraction
of the most important tissues and their components, and presents the RI values measured for
multiple laser lines and dispersion formulas for calculating the RI in the entire visible/NIR range.

Knowledge of the refraction properties of pathological tissues and blood is of particular
importance for determining the interaction wavelength optimizing the penetration depth and
distribution of laser radiation inside the tissue. These data are critical for choosing the operating
wavelengths of pulse oximeters, for developing clinical protocols for laser treatments using
interstitial heating or photodynamic therapies, etc.

Despite the aforementioned progress, THz diagnosis and therapy are still at the initial stage of
their development due to a number of challenging issues. Here we particularly notice the most
important of them. THz instruments still remain rare, non-ergonomic and expensive. There is
a need for THz waveguides, optical fibers and fiber bundles for endoscopic measurements of
hardly-accessible tissues and organs, as well as for efficient real-time THz emitters and detectors
(including the 1D and 2D arrays) and superresolution optical systems. All these factors restrain
transfer of THz technology to biophysical laboratory and clinical practice. As compared to the
visible and IR ranges, in which the study and analysis of the optical properties of tissue have
been extensively performed since the middle of the 20th century, THz biophotonics remains
a novel research direction, in which much fewer data on THz-wave–tissue interactions have
accumulated. Further study of the optical properties of tissue at THz frequencies, and analysis of
the physical effects underlying its THz response are required in order to analyze the advantages
of THz technology over other medical spectroscopy and imaging instruments.

The use of optical clearing treatments can also be beneficial to collect discriminating information
for pathologies. In the studies discussed above for human colorectal mucosa tissues, the kinetic
evaluation of the diffusion properties of water and glucose showed that those properties are
different for the healthy and for the pathological tissues, and that the mobile water content is
also higher in the diseased tissue. Even though this study was performed only with tissues that



Review Vol. 14, No. 1 / 1 Jan 2023 / Biomedical Optics Express 288

correspond to the full developed adenocarcinoma, similar studies can be performed to evaluate the
diffusion properties and the mobile water content in the different stages of cancer development,
in any type of cancer. Once again, by adopting a noninvasive, or minimally invasive, procedure,
the measurement of diffuse reflectance spectra, combined with optimized machine learning
algorithms, may be able to provide the similar discriminating information in the near future.

Improving the depth of THz-wave penetration into tissues could broaden the range of THz
technology applications in malignant and benign neoplasm diagnosis. For this aim, modern
methods of immersion and compression optical clearing of tissues could be adapted from the
visible and IR ranges; however, the capabilities of these methods at THz frequencies have not
been studied enough (see, subsection 5.5).

Notation

THz Terahertz

UV Ultraviolet

RI Refractive index

NIR Near-infrared

OCA Optical clearing agent

K-K Kramers-Kronig

SD Standard deviation

IAD Inverse Adding-Doubling

NSE Neuron-specific enolase

CRCC Chromophobe renal cell carcinoma

AMD age-related macular degeneration

LED light emitting diode

WHO World Health Organization

ISF interstitial fluid

PEG polyethylene glycol

PG propylene glycol

EG ethylene glycol

DMSO dimethyl sulfoxide
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