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In this chapter we have reviewed the main experimental methods, which are widely
used for in vitro and in vivo measurements of glucose diffusion and permeability coefficients in human tissues. These methods are based on the spectroscopic and photoacoustic techniques, on the usage of radioactive labels for detecting matter flux,
or on the measurements of temporal changes of the scattering properties of a tissue
caused by refractive index matching including interferometric technique and optical coherence tomography. The methods provide reliable basis for measurement of
glucose diffusion characteristics in tissues. The obtained results can be used in diagnostics and therapy of different diseases related to glucose impact.
Key words: glucose, optical clearing, diffusion coefficient, penetration, diabetes.
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19.1 Introduction
Recent technological advancements in the photonics industry have led to a resurgence of interest in optical imaging technologies and real progress toward the development of noninvasive clinical functional imaging systems. Application of the optical methods for physiological-condition monitoring and cancer diagnostics, as well
as for treatment, is a growing field due to simplicity, low cost, and low risk of these
methods. In clinical dermatology, oncology, gastroenterology, and gynecology optical methods are widely used for vessels imaging, detection, localization, and treatment of subcutaneous malignant growths and photodynamic therapy. Frequently, the
optical methods use dyes and drugs for cell sensitizing and enhancement of the local
immune status of a tissue; therefore the development of noninvasive measurement
techniques for monitoring of exogenous and endogenous (metabolic) agents in human tissues and determination of their diffusivity and permeability coefficients are
very important for diagnosis and therapy of various human diseases.
Glucose is one of the most important carbohydrate nutrient sources and is fundamental to almost all biological processes. A significant role for physiological glucose
monitoring is in the diagnosis and management of diabetes. Goal of diabetes management is maintenance of blood glucose levels via insulin injection, modified diet,
exercise, or a combination of these. For successive diabetes therapy, regular measurement of blood glucose levels (up to five times per day) is required [1, 2]. Since
current glucose sensing methods require invasive puncture of the skin to obtain a
blood sample for analysis, efforts to develop noninvasive glucose detection techniques and implantable glucose sensors using optical methods have been important
[3] (see also chapters 2–18).
A number of invasive and noninvasive techniques have been investigated for glucose monitoring, including use of implanted sensors, reverse iontophoresis, direct
transmission through blood vessels, measurement of glucose in interstitial fluid in
the dermis, light transmission through or light reflection from blood containing body
parts (including the ear-lobe, the lip, the finger, and the forearm), and optical examination of the aqueous humor of the eye [1, 3–7]; however, unfortunately, the problem
of glucose monitoring in final form is not solved yet.
Another important problem of application of optical methods in medicine deals
with the transport of laser (light) beam through fibrous tissues such as skin dermis,
eye sclera, dura mater, etc. [8, 9]. Due to high scattering of visible and NIR radiation at propagation within these tissues, there are essential limitations on spatial
resolution and light penetration depth for optical diagnostic and therapeutic methods
to be successfully applied. Control of the tissue optical properties is a very appropriate way for solution of the problem. The temporary selective clearing of the upper
tissue layers is the key technique for structural and functional imaging, particularly
for detecting local static or dynamic inhomogeneities hidden within a highly scattering medium [10]. Aqueous glucose solutions are widely used for the control of
tissue scattering properties [8–21]. Increase of glucose content in tissue reduces re-
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fractive index mismatch and, correspondingly, decreases the scattering coefficient.
On the other hand, measurement of the scattering coefficient allows one to monitor
the change of glucose concentration in the tissue and blood, which is very important
for monitoring of diabetic patients.
However, in spite of numerous investigations related to delivery of drug and cosmetic substances into human tissues and to control of the tissue optical properties
the problem of estimating diffusion coefficient of the drugs and various chemicals,
including glucose, in tissues has not been studied in detail. The knowledge of the
diffusion coefficients is very important for development of mathematical models describing interaction between tissues and drugs, and, in particular, for evaluation of
the drug and metabolic agent delivery through tissue.
Many biophysical techniques for study of penetration of various chemicals through
living tissue and for estimation of the diffusion coefficients have been developed over
the last fifty years. The methods are based on the fluorescence measurements [22–25]
(including fluorescence correlation spectroscopy [25]), on the spectroscopic [26–33],
Raman [34] and photoacoustic techniques [35,36], on the usage of radioactive labels
for detecting matter flux [37–49], on the technique of nuclear magnetic resonance
[50, 51], or on the measurements of temporal changes of the scattering properties
of a tissue caused by dynamic refractive index matching [8–10, 12–21, 52–54] including interferometric technique [52–54] and optical coherence tomography (OCT)
[20, 21]. However, fluorescence techniques cannot be used for direct measurement
of glucose diffusion coefficients, although these techniques are very appropriate to
measure protein diffusivity in tissues, and since the proteins are widely used for
glucose detection then the techniques are important for development of new and
increased accuracy of existing methods of glucose detection and monitoring. The
spectroscopic, Raman, and photoacoustic methods have great potential for measuring glucose diffusion coefficients in tissues because the methods provide excellent
sensitivity to glucose detection and monitoring, and the methods based on usage of
radioactive labels for detecting matter flux and on the measurements of temporal
changes of the scattering properties of the tissue are widely used for measurements
of glucose diffusion and permeability coefficients now.
The purpose of this chapter is to review methods for measurement of glucose
diffusion and permeability coefficients in human tissues in vitro and in vivo.

19.2 Spectroscopic Methods
The ability to measure noninvasively concentration of various chemicals in tissues could provide a variety of benefits for pharmacological research and, ultimately,
clinical applications. In the previous section we described the technique of fluorescence measurements, which can be used for measurement of chemicals concentration and diffusion coefficient in biological tissues. However, many of exogenous
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and metabolic agents (in particular glucose) are not fluorescent, and therefore cannot
be directly measured by the fluorescence techniques. Therefore, for the direct detection of these substances and estimation of their diffusivity the optical absorption
measurements can be performed [5, 26–33].
The method is based on the time-dependent measurement of the tissue optical
absorbance in the spectral range, which corresponds to absorption bands of the substance under study. The transport of low-molecular chemicals within tissue can be
described in the framework of free diffusion model [12–23, 27–49]. It is assumed
that the following approximations are valid for the transport process: 1) only concentration diffusion takes place; i.e., the flux of the chemical into tissue at a certain
point within the tissue sample is proportional to the chemical concentration at this
point; 2) the diffusion coefficient is constant over the entire sample volume; 3) penetration of a chemical into a tissue sample does not change the drug concentration in
the external volume; 4) in the course of diffusion the chemical does not interact with
tissue components.
Geometrically, the tissue sample can be presented as an infinite plane-parallel slab
with a finite thickness. In this case, the one-dimensional diffusion problem has been
solved. The one-dimensional diffusion equation of a drug transport has the form

∂ C (x,t)
∂ 2C (x,t)
,
=D
∂t
∂ x2

(19.1)

where C (x,t) is the chemical concentration, D is the diffusion coefficient, t is the
time, and x is the spatial coordinate.
The key approach in characterization of transfer of a chemical agent is that a set
of boundary conditions defines the concentration profiles. Depending on the analytical solution used, tissue type, and the experimental setup, three kinds of initial
and boundary conditions are most commonly used for studies of agent transport in
tissues. All, however, are based on concentration C (x,t) as determined by Fick’s
second law [Eq. (19.1)].
The initial condition corresponds to the absence of an agent inside the tissue before
the measurements, i.e.,
C (x, 0) = 0,

(19.2)

for all inner points of the tissue sample.
In the case when a tissue is presented as a slab, the three kinds of boundary conditions are the following:
1) A tissue slab free of agent is immersed in solution with the agent concentration
of C0
C (0,t) = C0 and C (l,t) = C0 ,

(19.3)

where l is a tissue sample thickness. The solution of Eq. (19.1) with the initial [Eq.
(19.2)] and the boundary [Eq. (19.3)] conditions has the form [12, 15, 16, 18, 55]:
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The integral of Eq. (19.4) over x gives another physical quantity, average concentration (total solute entering the tissue) as:
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where C (t) is the volume-averaged concentration of an agent within tissue sample.
2) A tissue slab free of agent, one side of the slab contacts a solution with the
agent concentration of C0 and the other side is isolated from agent penetration

∂ C (l,t)
= 0.
(19.6)
∂x
The solution of Eq. (19.1) with the initial [Eq. (19.2)] and the boundary [Eq.
(19.6)] conditions has the form [27]:
!!
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The volume-averaged concentration in this case can be expressed as:
C (0,t) = C0 and

C (t) = C0
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(19.8)

3) A tissue slab free of agent, where one side contacts a solution with the agent
concentration of C0 , and the other side is kept at zero concentration
C (0,t) = C0 and C (l,t) = 0.

(19.9)

The solution of Eq. (19.1) with the initial [Eq. (19.2)] and the boundary [Eq.
(19.9)] conditions has the form [28–30,56]:

 2 2 !

i Dπ t
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(19.10)
C (x,t) = C0 1 − − ∑ sin
l i=1 π i
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The average concentration can be expressed as:
C0
C (t) =
2
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When penetrating agent is administered to tissue topically and the tissue is a semiinfinite medium, i.e., x ∈ [0; ∞), the boundary conditions have the from:
C (0,t) = C0 and C (∞,t) = 0.

(19.12)

Solution of Eq. (19.1) with the initial [Eq. (19.2)] and the boundary [Eq. (19.12)]
conditions, in this case, has the form [57]:



x
,
C (x,t) = C0 1 − erf √
2 Dt
where erf(z) =

√2
π

Rz
0


exp −a2 da is the error function.

(19.13)

Several methods and instrumentations based on absorbance measurements have
been developed for estimation of agent diffusion coefficients. The methods using the attenuated total reflectance Fourier transform infrared (ATR-FTIR) spectroscopy [28–32], spatially-resolved reflectance spectroscopy [27, 33], and Raman
spectroscopy [34] are available (see also chapters 5–8, 10, 12).
ATR-FTIR spectroscopy was used for measuring tissue absorption bands in the
mid-infrared (mid-IR) spectral region and for study of diffusion of topically applied
chemicals in the tissue. The mid-IR lies in the spectral range between 2.5 µ m (4000
cm−1 ) and 10 µ m (1000 cm−1 ). Bands in this spectral range correspond mainly to
frequencies of fundamental molecular vibrations, which are characteristic of the specific chemical bonds. In contrast to the NIR spectral range contains combination and
overtone bands that are broad and weak, bands in the mid-IR are sharp and have a
higher absorption coefficient [4]. The ATR phenomenon occurs when radiation propagating through a medium with refractive index n1 crosses an interface with another
medium with lower refractive index n2 . If the incident beam crosses the interface at
an angle, which is greater than the critical angle, defined as θc = arcsin (n2 /n1 ), the
beam will penetrate slightly into the medium with lower refractive index as it is being totally reflected. If the medium with lower refractive index has absorption bands
in the frequency range of the incident radiation, each penetration will result in an
energy loss due to absorption. Energy losses due to scattering may also occur. These
combined energy losses are amplified by successive reflections within the internal
reflection element (IRE).
The ability of ATR spectroscopy to detect absorbance and scattering depends upon
a number of factors, including the intensity, wavelength, and entry angle of the incident radiation, the absorption coefficient of the absorber, the degree of contact
between the two media, the number of internal reflections, and the ratio of n2 to n1
[58]. According to ATR theory [59], the sensitivity of the technique is especially
dependent upon energy coupling between the two media and the depth of beam penetration into the medium with the lower refractive index. Coupling can be increased
by choosing IRE with refractive index close to, but greater than, the sample, while
the depth of penetration can be increased by choosing an incident angle close to, but
greater than, the critical angle.
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For recording of the ATR-FTIR spectra Fourier transform infrared spectrometer
equipped by ATR with ZnSe (refractive index is 2.42) or Ge (refractive index is 4.0)
a crystal of rectangular shape can be used. Typically, the ATR-FTIR spectrum is
obtained by the Fourier transform of 64 or 128 interferograms, where Happ-Genzel
apodization is used [60]. Spectral analysis can be performed by band fitting based
on a nonlinear least-squares searchusing Gaussian band intensity shapes of the form

 2
Ii (ν ) = Ai exp − (ν − ωi ) Wi , where I represents the infrared absorbance, ν is
a current value of wave number, and ω , W , and A are frequency, width, and amplitude
of the ith band, respectively.
When the spatially-resolved reflectance spectroscopy has been used for determination of agent diffusion coefficient in tissue, the approach suggested by Mourant et
al. [33] can be applied. The method is based on the use of modified Lambert-Beer
law and, in this case, tissue absorbance can be determined as
A = µa σ ρ + G,

(19.14)

where µa is the absorption coefficient, ρ is the source-detector distance, σ is the differential factor of photon pathlength, taking into account the lengthening of photon
trajectories due to multiple scattering, and G is the constant, defined by geometry of
the experiment. To simplify calculations, ρσ can be replaced by parameter L, that
is defined by both absorption and scattering tissue properties and source-detector
distance. The source-detector distance is a parameter, which is defining sensitivity
of parameter L to absorption or to scattering of the tissue. The large separation of
the source and detector (from millimeters to centimeters) results in large distances
of photon travel and therefore a strong sensitivity to absorption. On the other hand,
because of strong absorption by hemoglobin bands and detector limitations, largedistance measurements are limited to a spectral range of about 600–950 nm, reducing
the number of chemicals that can be monitored. Additionally, the spatial resolution
is low due to the large tissue volume that is probed. For small source-detector distance (about a few hundreds microns), which is commensurable with photon free
pathlength, parameter L is defined by tissue scattering properties only [33, 61, 62].
The penetration of an agent into a tissue increases the tissue absorbance in the
spectral range corresponding to absorption bands of the agent substance. Thus, the
tissue absorbance measured in different time intervals can be determined as
A (t, λ ) = A (t = 0, λ ) + ∆µa (t, λ ) L,

(19.15)

where t is the time interval, λ is the wavelength, ∆µa (t, λ ) = ε (λ )C (t) is the absorption coefficient of an agent within the tissue, ε (λ ) is the agent molar absorption
coefficient, C(t) is the agent concentration in the tissue, which can be described by
one of a series of Eqs. (19.5), (19.8), (19.11) in dependence on drug delivery method
and geometry of measurements, and A (t = 0, λ ) is the tissue absorbance, measured
at initial moment.
Thus, the equation
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∆A (t, λ ) = A (t, λ ) − A (t = 0, λ ) = ∆µa (t, λ ) L = ε (λ )C (t) L

(19.16)

can be used for calculation of the drug diffusion coefficient.
This set of equations represents the direct problem, i.e., describes the temporal
evaluation of the absorbance of a tissue sample dependent on agent concentration
within the tissue. Based on measurement of the evolution of the tissue absorbance,
the reconstruction of the drug diffusion coefficient in a tissue can be carried out. The
inverse problem solution can be obtained by minimization of the target function
Nt

F(D) = ∑ (A (D,ti ) − A∗ (ti ))2 ,

(19.17)

i=1

where A (D,t) and A∗ (t) are the calculated and experimental values of the timedependent absorbance, respectively, and Nt is the number of time points obtained at
registration of the temporal dynamics of the absorbance. To minimize the target function, the Levenberg-Marquardt nonlinear least-squares-fitting algorithm described in
detail by Press et al. [63] can be used. Iteration procedure repeats until experimental
and calculated data are matched.
Infrared and near-infrared absorption spectroscopy techniques became the basis
for nondestructive chemometric analysis and therefore hold great potential for the
development of noninvasive blood and tissue glucose measurement techniques. The
optical absorption methods are based on the concentration-dependent absorption of
specific wavelengths of light by glucose or other compounds of interest. In theory,
a beam of radiation may be directed through a blood-containing portion of the body
and the exiting light is analyzed to determine the content of glucose.
The mid-IR spectral bands of glucose and other carbohydrates have been assigned
and are dominated by C–C, C–H, O–H, O–C–H, C–O–H, and C–C–H stretching and
bending vibrations [4, 64, 65]. The 800–1200 cm−1 fingerprint region of the infrared
spectrum of glucose has bands at 836, 911, 1011, 1047, 1076, and 1250 cm−1 , which
have been assigned to C–H bending vibrations [4,64,66]. A 1026 cm−1 band corresponds to C–O–H bend vibration [4,66] and 1033 cm−1 band can be associated with
the ν (C–O–H) vibration [66] or with the ν (C–O–C) vibration [67].
Despite the specificity offered by infrared absorption spectroscopy, its application to quantitative blood glucose measurement is limited. A strong background
absorption by water and other components of blood and tissues severely limits the
pathlength that may be used for transmission spectroscopy to roughly 100 µ m or
less. Further, the magnitude of the absorption peaks and the dynamic range required
to record them make quantitation based on these sharp peaks difficult. Nonetheless, attempts have been made to quantify blood glucose using infrared absorption
spectroscopy in vitro and in vivo [4, 6, 60, 68–71].
In contrast to the mid-IR the incident radiation in the NIR spectral range passes
relatively easily through water and body tissues allowing moderate pathlengths to
be used for measurements. Thus, a large amount of effort has been devoted to the
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development of NIR spectroscopy (NIRs) techniques for noninvasive measurement
of blood glucose [6] (see also chapters 5–8, 10).
In the NIR spectral range absorption bands of glucose have been connected with
C–H, O–H, and N–H vibrations [3, 6, 64, 66]. The strongest bands are the broad
O–H stretch at 3550 cm−1 (2817 nm) and the C–H stretch vibrations 2961 and 2947
cm−1 (3377 and 3393 nm). Possible combination bands are a second O–H overtone
band at 939 nm (3ν OH), and a second harmonic C–H overtone band at 1126 nm
(3ν CH). A first O–H overtone band can be assigned at 1408 nm (2ν OH). The 1536
nm band can be assigned as an O–H and C–H combination band (ν OH + ν CH).
The 1688 nm band is assigned as a C–H overtone band (2ν CH). Other bands at
wavelength longer than 2000 nm are possibly combinations of a C–H stretch and a
CCH, OCH deformation at 2261 and 2326 nm (ν CH + ν CCH, OCH) [3, 72].
Though all methods of optical glucose sensing require use of a prediction model
relating to optical measurements of glucose concentration, the broad overlapping
peaks and a complicated nature of multi-component NIR spectra make single or
dual wavelength models inadequate. NIR absorption bands may be significantly influenced by factors such as temperature, pH, and the degree of hydrogen bonding
present; the unknown influence of background spectra further complicates the problem. For this reason, quantitative NIR spectroscopy has long relied on the development of very high-order multivariate prediction models and empirical calibration
techniques. For this reason, high-order multivariate models, which incorporate analysis of entire spectra, must be used to extract NIR glucose information [6] (see also
chapter 5).
For glucose detection in NIR spectral range, it can be useful to break the NIR region into the region from 700 to 1300 nm and the region from 2.0 to 2.5 µ m. In the
NIR region from 700 to 1300 nm optical detectors and sources are readily available
and relatively easy to use, transmission through tissue is rather good, and transmissive fiber optics can be used to facilitate a probe design. However, glucose absorption
bands are particularly weak in this region, and it may be difficult to acquire signals
with substantial signal to noise ratio to allow robust measurement. Further in the
NIR spectrum, a relative dip in the water absorbance spectrum opens a unique window in the 2.0 to 2.5 µ m wavelength region. This window, saddled between two
large water absorbance peaks, allows pathlengths or penetration depths of the order
of millimeters and contains specific glucose peaks at 2.11, 2.27, and 2.33 µ m [72].
Thus, this region may be very applicable for quantifiable glucose measurement using
NIR spectroscopy.
In addition to NIRs, Raman spectroscopy can provide potentially rapid, precise,
and accurate analysis of glucose concentration and biochemical composition (see
chapter 12). Raman spectroscopy provides information about the inelastic scattering, which occurs when vibrational or rotational energy is exchanged with incident
probe radiation. As with IR spectroscopic techniques, Raman spectra can be utilized
to identify molecules such as glucose, because these spectra are characteristic of
variations in the molecular polarizability and dipole moments. However, in contrast
to infrared and NIRs, Raman spectroscopy has a spectral signature that is less influenced by water [4]. In addition, Raman spectral bands are considerably narrower
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(typically 10–20 cm−1 in width [73]) than those produced in NIR spectral experiments. Raman also has the ability to permit the simultaneous estimation of multiple
analytes, requires minimum sample preparation, and would allow for direct sample
analysis [6]. Like infrared absorption spectra, Raman spectra exhibit highly specific
bands, which are dependent on concentration. As a rule, for tissue Raman analysis
the spectral region between 400 and 2000 cm−1 , commonly referred to as the “fingerprint region,” was employed. Many different molecular vibrations lead to Raman
scattering in this part of the spectrum. In many cases bands can be assigned to specific molecular vibrations and or molecular species, much aiding the interpretation
of the spectra in terms of biochemical composition of the tissue. In this spectral
range Raman spectrum of glucose contains bands with maxima at 420, 515, 830,
880, 1040, 1100, 1367, and 1460 cm−1 [6].

19.3 Photoacoustic Technique
Photoacoustic spectroscopy (PAS) can be used to acquire absorption spectra noninvasively from samples, including biological ones. The photoacoustic signal is obtained by probing the sample with a monochromatic radiation, which is modulated
or pulsed. Absorption of probe radiation by the sample results in localized shortduration heating. Thermal expansion then gives rise to a pressure wave, which can
be detected with a suitable transducer. An absorption spectrum for the sample can
be obtained by recording the amplitude of generated pressure waves as a function of
probe beam wavelength. The pulsed PA signal is related to the properties of turbid
medium by the equation [4, 74]:
 
PA = k β υ n C p E0 µe f f ,

(19.18)

where PA is the signal amplitude, k is the proportionality constant, E0 is the incident
pulse energy, β is the coefficient of volumetric thermal expansion, υ is the speed of
sound in the medium, C p is the specific heat capacity, n is a constant p
between one and
two, depending on the particular experimental conditions, µe f f = 3µa ( µa + µs′ ),
µ a is the medium absorption coefficient, µs′ = µs (1 − g) is the medium reduced or
transport scattering coefficient, and µ s and g are the medium scattering coefficient
and anisotropy factor, respectively.
To generate PA signals efficiently, two conditions, referred to as thermal and
stress confinements, must be met [75]. The time scale for heat dissipation of absorbed electromagnetic
(EM) energy by thermal conduction can be approximated by

τth ∼ L2p 4DT , where L p is a characteristic linear dimension of the tissue volume
being heated (i.e., the penetration depth of the EM wave or the size of the absorbing
structure). Actually, heat diffusion depends on the geometry of the heated volume,
and the estimation of τ th may vary. Upon the absorption of a pulse with a temporal
duration of τ p , the thermal diffusion length during the pulse period can be estimated
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p
by δT = 2 DT τ p , where DT is the thermal diffusivity of the sample. The pulse
width τ p should be shorter than τ th to generate PA waves efficiently, a condition that
is commonly referred to as thermal confinement where heat diffusion is negligible
during the excitation pulse. Similarly,
 the time for the stress to transit the heated
region can be estimated by τst = L p c, c is the speed of sound. The pulse width τ p
should be shorter than τ st , a condition that is commonly referred to as stress confinement.
In the photoacoustic spectroscopy technique, the choice of a wavelength in a region of greater absorbance presents a great advantage to give a large magnitude of
acoustic signal up to the limit of photoacoustic saturation. However, the optical penetration depth is reduced when the optical absorption increases, so the tissue thickness
probed is more superficial. The compromise on the choice of the wavelength is thus
obtained by a good signal to noise ratio and with a penetration as large as possible. Because high signal-to-noise measurements require reasonable penetration of
the sample by the probe radiation, the NIR spectral region has been attractive for the
measurements. The advantage of PAS is that the signal recorded is a direct result of
absorption only, and scattering does not play a significant role in the acquired signal.
The basic equipment required to realize investigations based on the usage of photoacoustic spectroscopy includes a picosecond or nanosecond laser system, and a
wide-band acoustic transducer, which can detect both high and low ultrasonic frequencies of acoustic pressure at once [76]. In photoacoustic systems for glucose
detection pulsed laser sources with wavelength 355 nm [77], 780, 830, 1300, 1440,
1550 and 1680 nm [3], 1.064 µ m [78], and 9.7 µ m [74, 79] have been used. The
outgoing ultrasound from the initial source reaches the tissue surface and then can be
picked up by an ultrasound transducer. Since it serves only as an acoustic receiver,
and the emission efficiency is of no importance, the detector for PA measurement can
be specially designed to provide required sensitivity. The most often used ultrasound
detectors are piezoelectric based; they have low thermal noise and high sensitivity
and can provide a wide band from 20 kHz to 100 MHz [75, 76].
Although the previous works [74, 79] in the mid-infrared region demonstrated
the potential of photoacoustics as a method of measuring glucose concentration, this
wavelength region is not regarded as viable for human tissue studies because of the
high water absorption that reduces penetration depths to microns. This penetration
may not be sufficient to investigate blood constituents within human tissue, although
interaction with interstitial fluid yields measurements, which correlate with blood
glucose concentrations but with a time shift [74].
The spectral region that shows the most promise for absorption by the analytes
within blood is within the “tissue window,” around the 1–2 µ m [3, 80]. Although
measurements within this region are advantageous for tissue studies, due to reasonable penetration of the sample by the probe radiation, they coincide with a region
of lower glucose absorption. Despite the fact, both in vitro and in vivo studies have
been carried out in this spectral range to assess the feasibility of photoacoustic technique for noninvasive glucose detection [74, 79], and the investigation demonstrated
applicability of PAS to measurement of glucose concentration (see also chapter 14).
Greatest percentage of change in the photoacoustic response was observed in region
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of the C–H second overtone at 1126 nm, with a further peak in the region of the second O–H overtone at 939 nm [74]. In addition, the generated pulsed PA time profile
can be analyzed to detect the effect of glucose on tissue scattering, which is reduced
by increasing glucose concentration [3, 4, 6, 8–21].
For study of glucose diffusion in human tissues the simple approach, which has
been presented in Refs. [35] and [36], can be applied. In accordance with the approach the laser-induced heat/emission from the tissue served to increase the temperature, i.e., pressure, which can be detected by a transducer. Integrating the transducer
response over time the pressure signal P(t), which is directly related to the amount
of heat emitted by the tissue, can be obtained. The pulse is characterized through
its maximum, both the amplitude (Pmax) and time delay (tmax ) of appearance with
respect to the beginning of the pulse. The signal evolutions can be characterized by
fitting the curves Pmax versus t by an expression derived from a model of diffusion in
a semi-infinite medium. The applied model has been shown to be in good agreement
with diffusion pattern [81]. The mathematical expression used is [36]:

q
 

Pmax (t) = P∞ + Pc exp t τD erfc
t τD ,
(19.19)

q  
√
t τD is
where Pc , P∞ , and τ D are fitting parameters, and erfc( t /τD ) = 1 − erf
the complementary error function [see, Eq. (19.13)].
This model yields a characteristic time of diffusion τ D , as well as a total diffusion
amplitude Pc + P∞. While τ D represents the time necessary for half of the glucose
to penetrate into the depth of the tissue, the sum Pc + P∞ represents the global initial
amount of the agent contributing to the signal. Pmax denotes the main heat emission;
tmax represents the time needed for the main heat emission in the tissue to diffuse
towards its surface and to be detected. These two parameters, Pmax and tmax , serve to
provide a macroscopic characterization of the diffusion process.

19.4 Use of Radioactive Labels for Detecting Matter Flux
Many investigations based on the usage of radioactive labels for detecting matter
flux have been performed in last decades for studies of penetration of various chemicals through living tissue and for estimation of diffusion coefficient of the chemicals
in the tissues [37–49]. This method has both some advantages and some disadvantages. The main advantage of this method is connected with the possibility of measurement of very small amount (concentration) of penetration agents and the main
disadvantage is connected with a necessity of use of radioactive isotopes that can be
dangerous, especially in case of in vivo measurements.
Typically, in vitro permeability experiments are performed using a side-by-side
two-chamber diffusion cell and scintillation counter [37–42, 44–49]. In the twochamber diffusion cell, the tissue sample is placed between the two chambers and
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the radiolabeled penetration agent diffuses from a donor chamber through the tissue
into an acceptor chamber, as a rule filled by PBS solution for preventing tissue drying. In case of in vivo measurements the radiolabeled agents can be intravenously
injected and thereafter urine [44] or interstitial fluid [43] was collected to determine
its radioactivity.
Analysis of agent diffusion through a membrane (that can be skin, mucous, sclera
or other tissues) in this case can be performed on the basis of the first Fick’s diffusion
law. The law states that the steady state flux (J) of penetration agents per unit pathlength is proportional to the concentration gradient (∆C) and the diffusion coefficient
(D, cm2 /s) [37, 55, 82]:

J = −D∆C l = P∆C.

(19.20)



P = J (Cd − Ca ) = KD l,

(19.21)

Here ∆C = Cd − Ca , Cd is the concentration of radiolabeled agent in the donor
chamber and Ca is the concentration of the agent in the acceptor chamber (g/cm3 ),
l is the membrane thickness (cm), and P is the permeability coefficient (cm/s). The
negative sign indicates that the flux is in the direction of the lower concentration. On
the other hand, the permeability coefficient can be defined as [37, 55, 82]:



where K = k12 k21 is the partition coefficient; k12 is the binding constant and k21 is
the dissolution constant; J is the steady state flux of the radiolabeled agent measured
in g·cm−2·s−1 . The partition coefficient can be estimated from [41]:

(radioactivityin tissue) (weightof tissue)

K=
.
(19.22)
(radioactivityin solution) (weightof solution)
In turn, the permeability coefficient deals with structural properties of the tissue
(membrane) through the relation [38,42]:

ε D0
,
(19.23)
τl
where ε , τ , and l are the porosity, tortuosity of the diffusional pathway, and thickness of the membrane, respectively, D0 is the diffusion coefficient of the penetration
agents in the tissue (membrane) interstitial fluid, and the diffusion
coefficient D0

can be calculated using the Stokes-Einstein equation: D0 = kT (6πη rs ), where k is
Boltzmann’s constant, T denotes the absolute temperature, η is the solvent viscosity,
and rs is hydrodynamic (Stokes) radius of the diffusing molecules.
In vitro the permeability coefficient can be calculated from the following equation
[42, 45]:
P=

P=

V · dC
,
S ·C0 · dt

(19.24)

where dC/dt is the change in concentration per volume sample per unit time, and
V is the volume of the acceptor chamber. Therefore, the quantity V · dC dt is the
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steady-state flux per unit time. S is the surface area of the membrane, and C0 is the
initial concentration of the diffusing agent. Note that the parameter dC dt can
be measured as the slope of linear region of the amount of permeant in the acceptor
chamber versus time plot.
Using the technique, Horibe et al. [49] have found that permeability coefficient of
mannitol through pigmented rabbit conjunctiva in the mucosal-to-serosal direction is
(27.70 ± 4.33) × 10−8 cm/s and in the serosal-to-mucosal direction is (25.50 ± 4.40)
×10−8 cm/s. Grass and Sweetana [45] measured the permeability coefficients of Lglucose, D-glucose, and mannitol through rabbit jejunum as (3.03 ± 0.33) × 10−6
cm/s, (14.99 ± 2.02) × 10−6 cm/s, and (3.59 ± 0.22) × 10−6 cm/s, respectively.
Myung et al. [40] measure glucose diffusion flux across human, bovine, and porcine
corneas and determine the diffusion coefficient in each type of cornea as (3.0 ± 0.2)×
10−6 cm2 /s, (1.6 ± 0.1) × 10−6 cm2 /s, and (1.8 ± 0.6) × 10−6 cm2 /s, respectively.
Ghanem et al. [46] have shown that permeability coefficient of full-thickness mouse
skin for mannitol is 3 × 10−8 cm/s. Similar result has been obtained by Ackermann
and Flynn [47] for glucose, urea, and glycerol with hairless mouse skin. Wang et
al. [43] measure the permeability coefficient of D-glucose through rat jejunum and
ileum as 7.54 × 10−5 cm/s and 2.45 × 10−5 cm/s, respectively. Larhed et al. [39]
measure diffusion coefficient of mannitol in phosphate buffer and native pig intestinal mucus as 9.8 × 10−6 cm2 /s and 8.6 × 10−6 cm2 /s, respectively. Peck et al. [42]
presented that diffusion coefficients of mannitol and sucrose in human epidermal
membrane are (9.03 ± 0.3) × 10−6 cm2 /s and (6.98 ± 0.2) × 10−6 cm2 /s, respectively. It should be noted that mannitol has the same molecular weight as glucose
and similar structure, and, thus, transport (diffusing) characteristics of the substance
in tissues can be similar as for glucose. Khalil et al. [48] have found that diffusion
coefficient of glucose in skin dermis is (2.64 ± 0.42) × 10−6 cm2 /s, and the glucose
diffusion coefficient in viable epidermis is (0.075 ± 0.050) × 10−6 cm2 /s.

19.5 Light Scattering Measurements
19.5.1 Spectrophotometry
It is well known that the major source of scattering in tissues and cell structures
is the refractive index mismatch between mitochondria and cytoplasm, extracellular
media, and tissue structural components such as collagen and elastin fibers [83, 84].
The scattering properties of tissues (such as skin dermis, sclera, dura mater, etc.)
are significantly changed due to action of osmotically active immersion liquids, in
particular by glucose solutions [8–19]. Measurement of the scattering coefficient
allows one to monitor the change of glucose concentration in the tissue and thus
for measurement of glucose diffusion coefficient. The optical method for estimating
the diffusion coefficient in a tissue has been suggested by Tuchin et al. [12]. This
method is based on the measurement of temporal changes of the scattering properties
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FIGURE 19.1: Schematic representation of osmotically active immersion liquid
diffusion into the tissue sample and the geometry of light irradiation.
of a tissue caused by dynamics of refractive index matching. It can be used both for
in vitro and in vivo measurements.
Experimentally, the simplest method for estimation of diffusion coefficients of
osmotically active liquids in tissues is based on the time-dependent measurement of
collimated transmittance of tissue samples placed in immersion liquid [8–10, 12–16,
18]. Schematic representation of the osmotically active immersion liquid diffusion
into the tissue sample and the geometry of light irradiation are presented in Fig.
19.1. Since transport of immersion liquid (glucose solution) within the tissue can be
described in the framework of the free diffusion model (see section 19.3), then Eqs.
(19.4), (19.5), (19.7), (19.8), (19.10), and (19.11) can be used to describe the spatial
and temporal evolution of glucose concentration within a tissue.
The time dependence of collimated optical transmittance of a tissue sample impregnated by an immersion solution is defined by Bouguer-Lambert law:
Tc (t) = (1 − Rs)2 exp (− (µa + µs (t)) l (t)) ,

(19.25)

where Rs is the specular reflectance and µa is the tissue absorption coefficient. Since
glucose does not have strong absorption bands in the visible and near-infrared spectral regions, then the changes of collimated transmittance of a tissue sample can
be described only by the behavior of the tissue scattering. µs (t) is the tissue timedependent scattering coefficient and l(t) is the time-dependent thickness of the tissue
sample. The time dependence of the tissue thickness occurs due to osmotic activity
of immersion agents, because it is well known that action of hypo-osmotic liquids
on the tissue causes tissue cells swelling, and application of hyper-osmotic solutions
causes shrinkage process [11]. Thus, the application of osmotically active liquids can
be accompanied by tissue swelling or shrinkage, which should be taken into account.
Since aqueous glucose solutions have pH different from pH of the interstitial fluid
of the native tissue, placing tissues sample into the solutions produces the swelling
(shrinkage) process in dependence on pH of the solutions. The temporal dependence
of the tissue sample volume can be described assuming that increasing tissue vol-
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ume is the result of additional absorption of the osmotically active liquids [85] and
decreasing tissue volume is the result of water loss from the tissue sample.
The temporal dependence of the swelling H(t) and shrinkage HD (t) indices of the
tissue sample can be calculated from weight measurements as [16]:
H (t) =

M (t) − M (t = 0)
Mosm (t)
Vosm (t) × ρosm
=
=
,
M (t = 0)
M (t = 0)
M (t = 0)

(19.26)

HD (t) =

MH2 O (t)
VH O (t) × ρH2 O
M (t = 0) − M (t)
=
= 2
,
M (t = 0)
M (t = 0)
M (t = 0)

(19.27)

where M(t) is mass of the tissue sample in the different moments in the swelling
(shrinkage) process, Mosm (t), Vosm (t), and ρosm (t) are mass, volume, and density of
osmotically active liquid (glucose solution) absorbed by the tissue sample, respectively. Let V (t) represent the volume of swelling (shrinkage) tissue, then

V (t) = V (t = 0) ± Vosm (t) = V (t = 0) ± H (t) M (t = 0) ρosm .

(19.28)

Here sign “plus” corresponds to swelling process and sign “minus” to shrinkage
process.
The temporal dependence of swelling (shrinkage) index can be approximated by
the following phenomenological expression [16]:
 
H (t) = A 1 − exp −t τs .

(19.29)

 
V (t) = V (t = 0) ± A 1 − exp −t τs .

(19.30)

 
l (t) = l (t = 0) ± A∗ 1 − exp −t τs ,

(19.31)

Therefore, the temporal dependence of tissue volume during osmotically active
liquid action [Eq. (19.28)] can be presented as

In this case A and τs are some phenomenological constants describing a swelling
(shrinkage) process caused by glucose action. Volumetric changes of a tissue sample
are mostly due to changes of its thickness l(t), which can be expressed as

A∗



where
= A S, and S is the tissue sample area. The constants A and τs can be obtained both from direct measurements of thickness or volume of tissue samples and
from time-dependent weight measurements [16]. For example, for dura mater samples immersed in the mannitol solution, we have estimated parameter A as 0.21 and
the parameter characterizing the swelling rate, i.e., τs as 484 s. For dura mater samples immersed in glucose solution with concentration 0.2 g/ml, we have estimated
the parameter A as 0.2 and τs as 528 s [16].
By changing volume of a tissue the swelling (shrinkage) produces the change
of the volume fraction of the tissue scatterers, and thus the change of the scatterer
packing factor and the numerical concentration (density or volume fraction), i.e.,
number of the scattering particles per unit area (for long cylindrical particles, density
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fraction) or number of the scattering particles per unit volume (for spherical particles,
volume fraction). Taking into account Eq. (19.30), the temporal dependence of the
volume fraction of the tissue scatterers is described as

φ (t) =

φ (t = 0) × V (t = 0)
Vs
=
,
V (t) V (t = 0) ± A (1 − exp(−t /τ ))

(19.32)

where Vs is the volume of the tissue sample scatterers.
The optical model of fibrous tissue can be presented as a slab with a thickness
l containing scatterers (collagen fibrils) – thin dielectric cylinders with an average
diameter of about 100 nm, which is considerably smaller than their lengths. These
cylinders are located in planes, which are parallel to the sample surfaces, but within
each plane their orientations are random. In addition to the small, so-called Rayleigh
scatterers, the fibrils are arranged in individual bundles in a parallel fashion; moreover, within each bundle, the groups of fibers are separated from each other by large
empty lacunae distributed randomly in space [86]. Collagen bundles show a wide
range of widths (1 to 50 µ m) and thicknesses (0.5 to 6 µ m) [87, 88]. These ribbonlike structures are multiple cross-linked; their length can be a few millimeters. They
cross each other in all directions but remain parallel to the tissue surface.
For noninteracting particles the time-dependent scattering coefficient µs (t) of a
tissue is defined by the following equation

µs (t) = N σs (t) ,

(19.33)

where N is the number of the scattering particles (fibrils) per unit area and σs (t) is
the time-dependent cross-section of scattering. The number of the scattering particles
per unit area can be estimated as N = φ /(π a2 ) [89], where φ is the volume fraction
of the tissue scatterers and a is their radii. For typical fibrous tissues, such as sclera,
dura mater, and skin dermis, φ is usually equal to 0.2-0.3 [86].
To take into account interparticle correlation effects which are important for tissues with densely packed scattering particles the scattering cross-section has to be
corrected by the packing factor of the scattering particles, (1 − φ ) p+1 /(1 − φ (p −
1)) p−1 [84], where p is a packing dimension that describes the rate at which the
empty space between scatterers diminishes as the total number density increases.
For spherical particles the packing dimension is equal to 3, and the packing of sheetlike and rod-shaped particles is characterized by packing dimensions that approach
1 and 2, respectively. Thus, Eq. (19.33) has to be rewritten as

µs (t) =

φ
(1 − φ )3
σ
.
(t)
s
π a2
1+φ

(19.34)

In accordance with Mie theory [83], if incident light is nonpolarized, scattering
properties of cylindrical particles (the collagen fibrils and fibers) can be described by
following set of relations:

σs = 2aQs = 2a
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where a is a radius of the cylinder and Qs is an efficiency factor of the scattering.
#
"

∞ 
2
QsI =
|b0I |2 + 2 ∑ |bnI |2 + |anI |2 ,
x
n=1
QsII

#
"

∞ 
2
2
2
2
=
,
|a0II | + 2 ∑ |anII | + |bnII |
x
n=1

anI =

anII = −

An = iξ



CnVn − Bn Dn
Wn Bn + iDnCn
, bnI =
2
WnVn + iDn
WnVn + iD2n
AnVn − iCn Dn
CnWn + An Dn
, bnII = −i
WnVn + iD2n
WnVn + iD2n

ξ Jn′ (η ) Jn (ξ ) − η Jn (η ) Jn′ (ξ )



,

(1)
Dn = n cos ζ η Jn (η ) Hn (ξ )




ξ2
−1
η2


 2
 2 ′

ξ
′
Bn = ξ m ξ Jn (η ) Jn (ξ ) − η Jn (η ) Jn (ξ ) , Cn = n cos ζ η Jn (η ) Jn (ξ )
−1
η2
h
i
(1)
(1)′
Vn = ξ m2 ξ Jn′ (η ) Hn (ξ ) − η Jn (η ) Hn (ξ ) ,
h
i
(1)′
(1)
Wn = iξ η Jn (η ) Hn (ξ ) − ξ Jn′ (η ) Hn (ξ )

ξ = x sin (ζ ) ,

q
η = x m2 − cos2 (ζ ).

Here ζ is the angle between direction of incident field and the axis of cylinder. If
wave vector of the incident field is directed perpendicularly to the axis of cylinder
(ζ = 90◦ ), the coefficients anI and bnII turn to zero, i.e.,

bnI ζ = 900 = bn =

anII ζ = 900 = an =

Jn (mx) Jn′ (x) − mJn′ (mx) Jn (x)

,

mJn (mx) Jn′ (x) − Jn′ (mx) Jn (x)

.

(1)′

Jn (mx) Hn

(1)′

mJn (mx) Hn

(1)

(x) − mJn′ (mx) Hn (x)
(1)

(x) − Jn′ (mx) Hn (x)
(1)

Here Jn (ρ ) is the Bessel function of the 1-st
 kind of n-order, Hn (ρ ) is the Bessel
function of the 3-rd kind of n-order, m = ns nI is the ratio of the refractive indices of
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the particle (ns ) and surrounding medium (nI ), and x = 2π anI λ is the size parameter, where λ represent wavelength in the surrounding medium.
Asymmetry factor of light scattering g (average cosine of scattering angle) for the
case of the infinite cylinder illuminated by nonpolarized light is defined by following
relation [83]:

g = hcos θ i =

Rπ
0

T11
T11norm

Rπ
0

T11 =

|T1 |2 + |T2 |2
,
2

T11norm =

cos (θ ) sin (θ ) d θ
,

(19.36)

T11

T11norm sin (θ ) d θ

|b0I + 2bnI cos θ |2 + |a0II + 2anII cos θ |2
,
2

∞

∞

T1 = b0I + 2 ∑ bnI cos (nθ ), T2 = a0II + 2 ∑ anII cos (nθ ),
n=1

n=1

where T1 , T2 are the components of the amplitude forward scattering matrix; T11 is
the component of the scattering matrix.
For spherical particles (the nucleus and mitochondria in cells of epithelial tissue,
e.g., skin epidermis or mucous tissue) the scattering cross-section and anisotropy
factor can be described as [83]:
 2  ∞


λ
2
2
σs =
,
(19.37)
(2n
+
1)
|a
|
+
|b
|
n
n
∑
2π n2I n=1
"

#
∞
n (n + 2)  ∗
2n
+
1
Re an an+1 + bn b∗n+1 + ∑
Re {an b∗n } ,
∑
n=1 n + 1
n=1 n (n + 1)
(19.38)
where an and bn are the Mie coefficients, and a∗n and b∗n are their complex conjugates.

λ2
g= 2
π nI σs

∞

an =

mψn (mx) ψn′ (x) − ψn (x) ψn′ (mx)
,
mψn (mx) ξn′ (x) − ξn (x) ψn′ (mx)

bn =

ψn (mx) ψn′ (x) − mψn (x) ψn′ (mx)
.
ψn (mx) ξn′ (x) − mξn (x) ψn′ (mx)
(1)

Here, ψn (ρ ) = ρ Jn (ρ ) and ξn (ρ ) = ρ Hn (ρ ) are the Riccati-Bessel functions,
(1)
Jn (ρ ) is the Bessel function of the first kind of the n-order, and Hn (ρ ) is the Bessel
function of the 3-rd kind of the n-order.
The time dependence of the refractive index of the interstitial fluid can be derived
using the law of Gladstone and Dale, which states that the resulting value represents an average of the refractive indices of the components related to their volume
fractions [90]. Such dependence is defined as
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nI (t) = (1 − C (t)) nbase + C (t) nosm ,

(19.39)

where nbase is the refractive index of the tissue interstitial fluid at the initial moment,
and nosm is the refractive index of the glucose solutions. Numerous values of refractive indices of interstitial fluid and other tissue components are presented in Refs.
[10] and [86]. Wavelength dependence of aqueous glucose solution can be estimated
as
nosm (λ ) = nw (λ ) + 0.1515C,

(19.40)

where nw (λ ) is the wavelength dependence of water, and C is the glucose concentration, g/ml [91]. The wavelength dependence of water has been presented by Kohl
et al. [92] as

nw (λ ) = 1.3199 +

6.878 × 103 1.132 × 109 1.11 × 1014
−
+
.
λ2
λ4
λ6

(19.41)

As a first approximation, we can assume that during the interaction between the
tissue and the immersion liquid (glucose solution) the size and refractive index of the
scatterers does not change. This assumption is confirmed by the results presented by
Huang and Meek [85]. In this case, all changes in the tissue scattering are connected
with the changes of the refractive index of the interstitial fluid described by Eq.
(19.39). The increase of the refractive index of the interstitial fluid decreases the
relative refractive index of the scattering particles and, consequently, decreases the
scattering coefficient.
This set of equations describing glucose concentration dependence on time represents the direct problem. The reconstruction of the diffusion coefficient of the
glucose in tissue can be carried out on the basis of measurement of the temporal
evolution of the collimated transmittance. The solution of the inverse problem can
Nt

be obtained by minimization of the target function: F(D) = ∑ (Tc (D,ti ) − Tc∗ (ti ))2 ,
i=1

where Tc (D,t) and Tc∗ (t) are the calculated and experimental values of the timedependent collimated transmittance, respectively, and Nt is the number of time points
obtained at registration of the temporal dynamics of the collimated transmittance.
The mannitol and glucose diffusion coefficients in the human sclera [18], dura
mater [16], and rat skin [14] were estimated using the temporal dependence of the
collimated transmittance and the method presented in this section. The diffusion
coefficients are presented in Table 19.1. It is well known that diffusion coefficient
increases with the increase of temperature of the solution. The temperature depen1)
[93]. Here D (T ) is diffusion
dence was accounted for as D (T2 ) = D (T1 ) TT21 ηη (T
(T2 )
coefficient at temperature T and η (T ) is viscosity of the solution. The values of the
diffusion coefficients, corrected to the physiological temperature of 37◦ C, are also
presented in Table 19.1. The differences between the diffusion coefficients of these
substances in water and in tissue are connected with the structure and composition of
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the tissue interstitial matter, since the scleral, dura mater, and skin interstitial fluid
contains the proteins, proteoglycans, and glycoproteins.

TABLE 19.1: The experimentally measured diffusion coefficients of glucose and
mannitol in living tissues [14,16,18]
Tissue
Human
sclera
Human
sclera
Human
sclera
Human
dura
mater
Human
dura
mater
Rat skin

Diffusing solution
20%-aqueous
glucose solution
30%-aqueous
glucose solution
40%-aqueous
glucose solution
20%-aqueous
glucose solution

Diffusion coefficient at Diffusion coefficient
20 ˚ C, cm2 /s
at 37 ˚ C, cm2 /s
−6
(0.57 ± 0.09) × 10 [18]
(0.91 ± 0.09) × 10−6
(1.47 ± 0.36) × 10−6[18]

(2.34 ± 0.36) × 10−6

(1.52 ± 0.05) × 10−6[18]

(2.42 ± 0.05) × 10−6

(1.63 ± 0.29) × 10−6[16]

(2.59 ± 0.29) × 10−6

20%-aqueous
(1.31 ± 0.41) × 10−6 [16]
mannitol solution

(2.08 ± 0.41) × 10−6

40%-aqueous
glucose solution

(1.101 ± 0.16) × 10−6 [14] (1.75 ± 0/1) × 10−6

These measurements have been performed using a commercially available multichannel spectrometer LESA-6med (BioSpec, Russia) in transmittance mode. The
scheme of the experimental setup is shown in Fig. 19.2. As a light source a 250 W
xenon arc lamp with filtering of the radiation in the spectral range from 400 to 800
nm was used. During the in vitro light transmittance measurements, the glass cuvette
with the tissue sample was placed between two optical fibers with a core diameter of
400 µ m and a numerical aperture of 0.2. One fiber transmitted the excitation radiation to the sample, and another fiber collected the transmitted radiation. The 0.5-mm
diaphragm placed 100 mm apart from the tip of the receiving fiber was used to provide collimated transmittance measurements. Neutral filter was used to attenuate the
incident radiation.
The measurements have been performed every 30 seconds during 15–20 min for
different human sclera and dura mater tissue samples. The experiments with the rat
skin samples have been performed every 1 min at the beginning and every 5 min
afterwards during about 190 min. Experimental error does not exceed 5% in the
spectral range from 500 to 800 nm and 10% in the spectral range from 400 to 500
nm. All experiments have been performed at room temperature about 20◦ C.
Figure 19.3 illustrates the dynamics of collimated transmittance of skin sample
measured at different wavelength concurrently with administration of 40% glucose

© 2009 by Taylor & Francis Group, LLC

608

Handbook of Optical Sensing of Glucose

FIGURE 19.2: Experimental setup for measurements of collimated transmittance
and reflectance spectra from tissue: 1 – optical irradiating fiber; 2 – neutral filters;
3 – cuvette; 4 – tissue sample; 5 – osmotically active immersion agent (the glucose
and mannitol solutions); 6 – the 0.5 mm diaphragm; 7 – optical receiving fiber; 8 –
aluminum holder.
solution [14]. It is easily seen that the untreated skin is a poorly transparent media for visible light. Glucose administration makes this tissue highly transparent;
the 50-fold increase of the collimated transmittance is seen, and, as following from
Fig. 19.3, the characteristic time response of skin optical clearing is about 1 hour.
Using algorithm presented above, glucose diffusion coefficient in rat skin has been
estimated as (1.101 ± 0.16) × 10−6 cm2 /s.
For in vivo measurements [17,19] the experimental setup has been used in reflectance mode (see Fig. 19.2). The in vivo reflectance measurements were performed using an originally designed fiber optical probe with a system of optical
fibers (designed by Yu.P. Sinichkin). The fibers were enclosed in a cone-shaped aluminum holder to provide a fixed distance between the fibers and tissue surface. Light
from a stabilized light source (xenon arc lamp) was delivered to the tissue by means
of the fiber fixed normally to the surface of tissue. The receiving fiber was displaced
at an angle of 20 degrees to the sending fiber in such a way for the irradiated area to
have a 5-mm diameter, and the area of light collection had a 10-mm diameter. Figure
19.4 presents the in vivo reflectance spectra of rabbit eye sclera measured at different
time intervals after administration of 40%-glucose solution [13].
For calculation of tissue reflectance the Monte Carlo (MC) algorithm developed
by Wang et al. [94] can be used. The stochastic numerical MC method is widely used
to model optical radiation propagation in complex randomly inhomogeneous highly
scattering and absorbing media such as biological tissues. Basic MC modeling of
an individual photon packet’s trajectory consists of the sequence of the elementary
simulations [94]: photon pathlength generation, scattering and absorption events,
reflection or/and refraction on the medium boundaries. The initial and final states
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FIGURE 19.3: The time-dependent collimated transmittance of the rat skin samples (1 h after autopsy, hair were removed using tweezers) measured at different
wavelength in a course of administration of 40%-aqueous solution in a bath [14].
of the photons are entirely determined by the source and detector geometry, i.e.,
the incident light is assumed to be distributed on the area with diameter 5 mm, the
photons’ packets are launched normally to the tissue surface, and collected from the
area with diameter 10 mm. At the site of scattering a new photon packet direction is
determined according to the Henyey–Greenstein scattering phase function:
fHG (θ ) =

1 − g2
1
,
4π (1 + g2 − 2g cos θ )3/2

where θ is the polar scattering angle. The distribution over the azimuthal scattering
angle was assumed as uniform. MC technique requires values of absorption and
scattering coefficients, anisotropy factor, thickness and refractive index of tissues,
and the required data and optical parameters can be calculated on the basis of Mie
theory, previously measured or obtained from literature.
The calculation of glucose diffusion coefficient in tissue was carried out on the
basis of measurement of the temporal evolution of the tissue optical reflectance. The
solution of the inverse problem can be obtained by minimization of the target funcNt

tion: F(D) = ∑ (R (D,ti ) − R∗ (ti ))2 , where R (D,t) and R∗ (t) are the calculated and
i=1

experimental values of the time-dependent reflectance, respectively, and Nt is the
number of time points obtained at registration of the temporal dynamics of the reflectance. Using the approach the glucose diffusion coefficients in rabbit sclera in
vivo has been measured as (5.4 ± 0.1) × 10−7 cm2 /s [19].
Another approach for calculation of tissue reflectance connected with use of diffusion approximation of radiation transfer theory. According to the diffusion theory,
the spatial dependence of the diffuse reflectance, R (ρ ), of continuous light remitted
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FIGURE 19.4: The in vivo time-dependent reflectance spectra of the rabbit eye
sclera measured concurrently with administration of 40%-glucose solution: 1 — 1
min, 2 — 4 min, 3 — 21 min, 4 — 25 min, 5 — 30 min after drop of glucose solution
onto the rabbit eye surface [13].
from a semi-infinite scattering medium at a separation of ρ from the source is [95]

R (ρ ) =

I0
4π µt′



µeff +

1
r1







e−µeffr1
1 e−µeff r2
4
A
+
1
+
, (19.42)
µ
+
eff
3
r2
r12
r22

q
q  
 ′ 2
2
4
+ ρ 2, µt′ = µa + µs′ , I0 is the
where r1 =
1 µt′ + ρ 2 , r2 =
3 A + 1 µt
initial light source intensity, and A is an internal specular reflection parameter, depending only on the relative refractive index of the tissue and surrounding medium.
For matching of this formula with geometry of the experiments the function R (ρ )
has been integrated over all area from which reflected radiance was collected. Using the approach the glucose diffusion coefficients in human skin in vivo has been
measured as (2.56 ± 0.13) × 10−6 cm2 /s [17].

19.5.2 OCT and interferometry
Optical coherence tomography is a new imaging technique, which provides images of tissues with resolution of about 10 µ m or less at a depth of up to 1 mm depending on optical properties of tissue [96, 97]. It allows determination of refractive
index and scattering coefficient values in layered structures in skin and other tissues.
Since its introduction in 1991 several research groups actively developed the OCT
technique for many diagnostic applications. In its most basic configuration, OCT
system consists of a Michelson interferometer excited by a low temporal coherence
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laser source, in-depth scanning system in the “reference” arm, an object under study
in the “sample” arm, and registering photodiode at the output. Usually, the sample
arm has additional scanning system that allows formation of cross-sectional twoand three-dimensional images of tissues. The interferometric signals in OCT system
can be formed only when the optical path length in the sample arm matches that in
the reference arm within the coherence length of the source. Therefore, the coherence length of the source and the group refractive index of tissues will determine the
in-depth resolution of the OCT system [97].
Attenuation of light intensity for ballistic photons, I, in a medium with scattering
and absorption is described by the Bouguer-Lambert law: I = I0 exp (−2µt z), where
I0 is the incident light intensity, µt = µa + µs is the attenuation coefficient for ballistic photons, µs and µa are the scattering and absorption coefficients, respectively,
and z is the tissue probing depth. Since absorption in tissues is substantially less than
scattering ( µa ≪ µs ) in the NIR spectral range, the exponential attenuation of ballistic photons in tissue depends mainly on the scattering coefficient: I = I0 exp (−2µs z)
[10]. Since the scattering coefficient of tissue depends on the bulk index of refraction
mismatch, an increase in refractive index and the interstitial fluid and corresponding
decrease in scattering can be detected as a change in the slope of fall-off of the depthresolved OCT amplitude [10, 97–99].
The permeability coefficient of drug and solutions in tissues can be measured by
OCT system and calculated using two methods, OCT signal slope (OCTSS) and
OCT amplitude (OCTA) measurements [20] (see also chapter 20). With the OCTSS
method, the average permeability coefficient of a specific region in the tissue can
be calculated by analyzing the slope changes in the OCT signal caused by analyte
diffusion. For this two-dimensional OCT images have to be averaged in the lateral (xaxial) direction into a single curve to obtain an OCT signal that represented the onedimensional distribution of intensity in-depth. A region in the tissue, where the signal
is linear and has minimal alterations, has to be selected, and its thickness (zregion ) has
to be measured. Diffusion of the agents in the chosen region has to be monitored, and
time of diffusion has to be recorded (tregion ). The average permeability coefficient (P̄)
can be calculated by dividing the measuredthickness of
 the selected region by the
zregion
time it took for the agent to diffuse through P̄ = tregion [20].
The OCTA method can be usedto calculate the permeability coefficient at specific
depths in the tissues as P (z) = zi tzi , where zi is the depth at which measurements
were performed (calculated from the front surface) and tzi is the time of agent diffusion to the depth. The tzi has to be calculated from the time agent was added to the
tissue until agent-induced change in the OCT amplitude was commenced [20].
Using the methods, permeability coefficient of mannitol through rabbit cornea
has been measured as (8.99 ± 1.43) × 10−6 cm/s [20]. The permeability coefficients of mannitol and 20% glucose solution through rabbit sclera are measured as
(6.18 ± 1.08) × 10−6 and (8.64 ± 1.12) × 10−6 cm/s, respectively [20]. The permeability coefficient of 20% glucose solution through pig’s aorta tissue was found as
(1.43 ± 0.24) × 10−5 cm/s [21].
The interferometric methods [52–54] are also based on measurements of refractive
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index variation. Holographic interferometry, electronic speckle pattern interferometry (ESPI), and digital holography have been successfully used to measure diffusion
coefficients in liquids for binary systems and in membranes [54]. When applied to
membranes, compared with traditional methods, ESPI offers the advantages of easily discriminating between a semi-permeable and a permeable membrane and the full
control of experimental conditions gained by using a nonagitated cell [53].
For composite systems in which diffusion is one-dimensional, an interference pattern characterized by parallel fringes is obtained when an image taken during the diffusion process is subtracted from a reference image, usually obtained at time zero.
In this case it is possible to obtain a concentration profile by using the position of
the fringes. The diffusion coefficient can be calculated by fitting the concentration
profile to a diffusion model like Fick’s law.
Alternatively, an interference pattern characterized by two turning points is obtained by subtracting two images when fringes parallel to the direction of diffusion
have been introduced during the diffusion coefficient [52]. When one concentration
profile is subtracted from another, a typical concentration curve presenting a maximum and a minimum is obtained. The turning points of the interference pattern
occur at a position where the maximum and the minimum of the concentration curve
are located. The diffusion coefficient can be calculated by measuring the distance
between the turning points. This second method offers the advantage of the faster
calculation process, especially in the case when the diffusion problem can be solved
analytically [54]. Using the method, Marucci et al. [54] measured the glucose diffusion coefficient in a model cellulose membrane and the diffusion coefficient is equal
to (1.6 ± 0.15) × 10−7 cm2 /s.

19.6 Conclusion
In this chapter we have reviewed the main experimental methods that are widely
used for in vitro and in vivo measurements of glucose diffusion and permeability
coefficients in human tissues. Importance of these investigations deals with glucose
monitoring in the diagnosis and management of diabetes. Moreover, knowledge of
the transport characteristics is very important for development of mathematical models describing interaction between tissues and drugs, and, in particular, for evaluation
of the drug and metabolic agent delivery through the tissue.
These methods are based on the spectroscopic and photoacoustic techniques, on
the usage of radioactive labels for detecting matter flux, or on the measurements
of temporal changes of the scattering properties of a tissue caused by dynamic refractive index matching including interferometric technique and optical coherence
tomography. As discussed in section 19.2, the absorbance spectroscopy and photoacoustics (section 19.3) can be used for measurement of glucose diffusion coefficients
in the NIR and mid-infrared spectral ranges; the technique based on refractive index
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matching (section 19.5) is of great importance for measurement of the glucose diffusion and permeability coefficients in the visible. Usage of radioactive labels for
detecting matter flux (section 19.4) provides a powerful instrument for independent
(reference) measurement of transport characteristics of glucose in tissues, because
all spectral measurements depend on intrinsic tissue properties.
Indeed, in this chapter we reviewed only the main methods of measurement of
diffusion characteristics of various chemicals in tissues but these methods provide
reliable basis for measurement of glucose diffusion characteristics in the tissues,
and the obtained results can be used in diagnostics and therapy of different diseases
related to glucose impact.
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