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motion is often effected [5]. This leads toward glucose 
monitoring in turbid media with the temporal analysis of 
OCT under dynamic light scattering (DLS) [6, 7].

For prerequisite control of glucose in diabetes, blood 
drop is obtained by pricking the finger making it unpleasant 
and painful. Therefore, it is necessary to introduce a non-
invasive method for monitoring of glucose from skin that 
could offer a wonderful relief to diabetic’s patients [8, 9]. 
These methods include optical methods, ultrasonic, imped-
ance, and heat capacitance [10, 11]. But in these methods, 
the measurements may differ based on skin morphology 
and biophysical characterizations due to the complex struc-
ture of skin with a nonuniform vascularization, thus relying 
only on the upper skin layers (epidermis and upper dermis) 
[8].

Therefore, the development of the techniques for moni-
toring and quantification of the molecular diffusion in blood 
vessels has resulted in advancements of the novel thera-
peutic agents, drug delivery techniques, and novel clinical 
diagnostic methods [12]. Many techniques for this purpose 
have been in practice such as spectrophotometry, spectro-
fluorometry, fluorescence microscopy, microdialysis, pola-
rimetry [13], Mach–Zehnder interferometric waveguide 
[14], Raman spectroscopy, near-infrared absorption, and 
scattering and photoacoustics [15, 16]. These techniques 
include some limitations such as low sensitivity, specificity, 
and accuracy at physiological glucose measurements [17]. 
OCT has been deemed to be applied in functional imaging, 
monitoring, and quantification of diffusion processes mak-
ing it important for in vitro and in vivo applications. OCT 
has monitored and quantified the depth-resolved diffusion 
of glucose more efficiently than previously reported tech-
niques [12].

It has been reported previously that the addition in 
the glucose concentration causes the changes in protein  

Abstract In this review, we have discussed the potential 
application of the emerging imaging modality, i.e., opti-
cal coherence tomography (OCT) for glucose monitoring 
in biological tissues. OCT provides monitoring of glu-
cose diffusion in different fibrous tissues like in sclera by 
determining the permeability rate with acceptable accuracy 
both in type 1 and in type 2 diabetes. The maximum preci-
sion of glucose measurement in Intralipid suspensions, for 
example, with the OCT technique yields the accuracy up to 
4.4 mM for 10 % Intralipid and 2.2 mM for 3 % Intralipid.

1 Introduction

OCT is a high-resolution imaging modality that uses low-
coherence interferometry (LCI) techniques (in situ and real 
time) [1] with the axial resolution of 1–15 µm to perform 
high-resolution imaging of biological tissues, especially 
imaging of transparent tissues [2, 3] up to depth of 2 mm. 
The tissue surface can be scanned by moving the light beam 
latterly on sample to achieve two-dimensional images with 
ultrahigh resolution [4]. In Doppler (D-OCT), the precision 
of the Doppler frequency due to speckle modulation for the 
flow velocity of the backscatterers spectrum in Brownian 
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(collagen, myosin) [18], i.e., 18 mg/dl glucose affects 
~20 % in the OCT signal [16, 19]. The first experiment of 
OCT in noninvasive glucose monitoring was conducted 
by University of Texas’s group [20] with the accuracy of 
~1 mM very close to applicable in human physiological 
levels. In the strongly scattering media, µs ≫ µa; hence, 
the information can be extracted by analyzing the OCT 
signal for scattering coefficient only. Some groups have 
analyzed these OCT methods with simulations of phantom 
studies such as Kirillin et al. [21] show a 7 %/1000 mg/
dl change in simulations for 5 % Intralipid. Kinnunen 
et al. [22] show a 2.1 %/30 mM change in 2 % Intralipid 
and a 0.86 %/30 mM change in 5 % Intralipid. Their in 
vitro study shows changes between 20 and 52 %/30 mM 
in different mouse skin samples. Larin et al. show a 
0.023 %/1 mM change in polystyrene microsphere suspen-
sion and a 0.032 %/1 mM change in 3 % fat milk [23, 24]. 
Their in vivo study also shows a 3.3 %/mM change in the 
rabbit ear, a 2.3 %/1 mM change in the micropig skin [24, 
25], and a change of 3.4 %/1 mM in human subjects [26]. 
This reflects the success of OCT as a noninvasive technique 
to monitor maximum precession of glucose measurement 
in 3 and 10 % Intralipid suspensions [24] with greater sen-
sitivity [27]. Thus, OCT has been proved to be the relia-
ble methodology in diabetes to increase the efficacy and a 
guide in medical nutrition therapy and exercise.

1.1  OCT: a glucose sensor

The OCT signal obeys the exponential law for its total 
attenuation coefficient due to scattering and absorptions 
because μt = μa + μs. If μa < < μs, then only scattering 
(ballistic) photons are enough to explore the change in 
optical properties due to refractive index change of scat-
tering centers (like cell membranes, cellular components, 
and protein aggregates), ns, and interstitial fluid (ISF), nISF, 
for the analysis of exponential profile of OCT signal. The 
ratio of refractive indices is then Δn = ns/nsnISF.nISF. The 

10 mg/dl increase in glucose increases nISF by a factor of 
1.52 × 10−5, and consequently, ns is decreased by decreas-
ing the index mismatch �n =

ns
(nISF + 1.52×10 - 5/10mg/dl)

 [26].
Skin consists of three major layers: a dead keratinized 

layer of squames (stratum corneum of the epidermis), a 
prickle cells layer (epidermis), and a connective tissue 
of dermis (where blood microvasculatures are present in 
network) [28]. The highly resolved OCT signal is mainly 
detected from dermis area of the skin after changing the 
glucose concentration in ISF as noninvasive monitoring 
[19]. For glucose monitoring with OCT, the structured 
OCT images (Fig. 1a, for example) are averaged into a sin-
gle 1D distribution of light in depth on logarithmic scale 
(Fig. 1b) where we are able to get information about the 
change in the optical parameters such as scattering by ana-
lyzing the profile of light attenuation [29].

1.2  M‑mode scanning of swept source‑OCT for glucose 
quantification

DLS or ballistic photon (single) scattering underlying 
Brownian motion can be analyzed using swept source 
(SS-OCT) in M-mode scanning [30] to quantify the glu-
cose levels in fluids. Two types of motions are associated 
with a particle under Brownian motion in turbid media: (i) 
translational relaxation and (ii) rotational relaxation. The 
translational relaxation or decorrelation time provides the 
source of contrast between liquid and solid tissues. These 
quantitative data are baseline for glucose monitoring and 
translating it toward in vitro and in vivo environment where 
blood viscosity can be measured to quantify glucose levels. 
SS-OCT glucose sensor is based on the Brownian motion.

Consider a spherical particle executing Brownian (ran-
dom) motion in a liquid. The time of motion and path are 
divided into small intervals so that the resultant displace-
ment is the mean-squared displacement, and the parti-
cle distribution is Gaussian. We denote the displacement 
<Δr2(t)> = 6DTτT for diffusing particles [31]. Here, DT is 

Fig. 1  OCT data from healthy 
pig aorta a structured OCT 
image, and b corresponding 
OCT signal (reprinted with 
permissions [29])
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called translation diffusion coefficient, τT is translational 
relaxation or decorrelation time and is related by the fol-
lowing equation,

This Brownian motion underlies the phenomena of DLS 
by measuring intensity fluctuations arising from phase and/
or amplitude of a single-scattered electromagnetic field due 
to particle dynamics.

1.3  M‑mode scanning of SS‑OCT in stagnant blood

SS-OCT based on Brownian motion has been applied for 
measuring glucose in liquid phantoms and whole blood 
(in vitro) by measuring the temporal dynamics of light 

(1)τT =
1

2k2DB

.

scattering. The addition of glucose affects the Brownian 
motion of red blood cells (RBCs) in blood [7]. Whole blood 
with asymmetric RBC scatterers drawn from 5-month-old 
Lewis rats was admixed with additional glucose to 0, 20, 
40, 60, and 80 mM levels [7]. A custom built 36 kHz SS-
OCT system has been used for M-mode measurements [7] 
(measurements of OCT data with respect to time) scanning 
similar to that described by Mariampillai et al. [32]. Fig-
ure 2 shows the snapshot of the experimental setup during 
M-mode measurements of a typical blood sample. Briefly, 
the SS-OCT system consists of frequency domain mode 
locking (FDML) fiber-ring laser source comprising of poly-
gon-based tunable filter. The FDML configuration consists 
of total cavity length of 3.3 to 4.5 km. A fiber Bragg grat-
ing is used for A-scan (depth scan) triggering. The coher-
ence length and spectral sweeping range were 6 mm and 
112 nm, respectively, at a central wavelength of 1310 nm. 
The axial resolution in tissue and the average output power 
of the system were 8 µm and 48 mW [7, 33].

For M-mode analysis, the signal was investigated at 
the depth below 70 μm because this depth is free from 
any possible surface distortions or artifacts, and offers the 
measurement of ballistic scattering [34]. OCT images for 
a typical glucose concentration of 80 mM in whole blood 
are shown in Fig. 3. Figure 3a depicts a raw 2D OCT image 
(640 × 512 pixels and 5 mm × 2 mm, width × depth), and 
Fig. 3b shows an M-mode 2D OCT image with (64 × 512 
pixels and 0 mm × 3 mm, width × depth) [33]. Consecu-
tive 64 A-scans were combined to obtain average signal 
intensity (M-mode point, resulting in ~3.6 ms spacing) for 
5 s at the same central sample lateral location. The experi-
ment temperature was 21 °C [7].

FDML laser 

MZI and 

Sample arm 

Fig. 2  Photograph for M-mode scanning with SS-OCT of a typical 
blood sample [33]

Fig. 3  Swept source-OCT 
images: a structural 2D 
OCT image with pixels 
(640 × 512) and dimensions 
(5 mm × 2 mm) along x- and 
z-axis for blood with 80 mM 
glucose in it and b an M-mode 
2D OCT image with (64 × 512) 
pixels and dimensions 
(0 mm × 3 mm) along x- and 
z-axis (self research work [33])
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1.3.1  M‑mode signal processing

The signal recorded at the detector of the SS-OCT system 
is given by [7, 35],

where x is the path length difference, ISO(k) is the source 

intensity, and the integral 
∞∫
0

Iso(k)e
ikxdk is called autocorre-

lation function (ACF). The power spectrum P(ω) and ACF 
are related by Weiner–Khinchin theorem as a Fourier pair:

The raw M-mode OCT intensity signals as a function 
of time at a depth of 70 μm for six different glucose con-
centrations cgl were obtained for whole blood consisting 
on the data train of 1400 OCT intensity points 3.6 ms apart 

(2)

ID =
1

2

∞∫

0

Iso(k)(1+ cos kx)dk =
1

2
Iso +

1

4

∞∫

−∞

Iso(k)e
ikx
dk,

(3)ACF(x) =

∫
P(ω)e

−iωx
/cdω.

depicting the effect of decrease in refractive index mismatch-
ing between medium and scatterers. For illustrative purpose, 
Fig. 4a depicts this intensity up to ~2.0 s. The ACF was 
extracted according to Eq. (3) for the six different glucose 
concentrations is shown in Fig. 4b. It is seen that increasing 
glucose levels causes longer OCT signal relaxation decays, 
as expected from the slower Brownian motion of scattering 
particles in the media of increasing viscosity [7].

In the presence of asymmetric RBCs in blood, a double 

exponential fit [ f2 = B ∗ exp
(
−t/τ

/
T

)
+ C ∗ exp (−t/τR)]  

to account for both translational and rotational relaxations was 
applied to the OCT’s ACFs. Where τ /T and τR are the transla-
tional and rotational decorrelation times of erythrocytes. If we 
approximate RBCs as a flattened ellipsoid of radius R and half 
the average thickness a, in analogy with Eq. (1) [7, 31], then

where G is a geometrical factor given by 

G(ρ) =
(
ρ2

− 1
)1/2 × ρ × arctan

(
ρ2

− 1
)
 and ρ =

R
a
> 1.  

(4)τ ′T =
1

2k2D′

T

and D′

T =
kBT

6πηa
G(ρ)
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Fig. 4  a OCT M-mode intensity signals at a depth of 70 μm for six different glucose concentrations in the whole-blood phantom at 21 °C, b 
signal autocorrelation functions (ACF) obtained from the OCT M-mode data of “a” with Eq. (3) (self research work [33, 41])
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For a red blood cell, R = 3.5 µm and a = 1.0 µm [7], 
k = 4πn/λ is the wave number, n is the refractive index, kB 
is Boltzmann constant, T is absolute temperature, and η is 
the viscosity of the medium.

Table 1 summarizes the derived translational decorrela-
tion times τ /T for blood sample, the resulting viscositiesη, and 
the fitting correlation coefficients r2. The brackets include 
the decorrelation time results of a control experiment in the 
data set of blood sample set due to long exposure of blood 
to the air during the measurements. Despite the many com-
plexities associated with whole-blood analysis, the increas-
ing trend of medium viscosity with added glucose levels is 
observed. The derived viscosity value for the blood sample 
without added glucose, i.e., ηblood = 9.03 mPa. s also agrees 
well with the literature value of 10 mPa. s [36, 37].

1.3.2  M‑mode scanning of SS‑OCT in flown blood

The effect of blood flow (forced convection) has been 
explored with the same apparatus and the same signal 

processing [7] in capillaries where slow velocity rates of 
~mm/s, shorter decorrelation rates are expected and reliably 
measured on the basis of diffusion coefficients. By quanti-
fying the glucose levels in flowing blood, eventually, it is 
envisioned a blood vessel by speckle variance (SV-OCT) to 
further examine in M-mode, with ACF analysis. Ullah et al. 
[6] have investigated whole blood flowing under the action 
of gravity through a 600-μm-inner-diameter polymer capil-
lary tube.

Table 2 contains the quantitative parameters including 
derived translational decorrelation times for diffusion coef-
ficients and the fitting correlation coefficients r2 for flown 
whole blood. Table 3 compares the flowing-fluid findings 
with previous results for nonflowing phantoms [6].

It is reassuring to note that the value of D′T for whole 
blood (without added glucose) agrees well with the lit-
erature, where a translational diffusion coefficient of 
~6.5 × 10−14 m2/s is reported [6, 38]. Comparing Table 3, 
one would expect the presence of flow results in an appar-
ent slowing of the decorrelation process, yielding slower 

Table 1  Summary of the OCT experimental results and analysis for the stagnant whole-blood sample, demonstrating the quantification of glu-
cose-induced viscosity changes (self research work [7])

Sample glucose concentration (mM) Translational decorrelation time (ms) Viscosity: from Eq (4) for sample set  
whole blood (mPa.s)

r2 value

0 8.20 ± 0.04 9.03 0.93

20 9.52 ± 0.08 (8.41 ± 0.04) 10.26 0.99

40 12.00 ± 0.05 (10.40 ± 0.06) 10.81 0.91

60 26.30 ± 0.13 (12.2 ± 0.06) 24.61 0.93

80 63.00 ± 0.40 (25.00 ± 0.14) 51.05 0.99

Table 2  OCT experimental results for the flown whole-blood phantom, demonstrating the quantification of glucose-induced diffusion coeffi-
cient changes (self research work [6])

Sample glucose concentration (mM) Translational decorrelation time (ms) Translational diffusion coefficient (m2/s) r2 value

0 34.01 ± 0.69 8.65 × 10−14 0.99

20 46.30 ± 0.40 6.39 × 10−14 0.99

40 58.12 ± 0.55 5.06 × 10−14 0.99

60 68.43 ± 0.57 4.31 × 10−14 0.99

80 129.02 ± 0.94 2.27 × 10−14 0.99

Table 3  Comparison of flown whole-blood results with the results of stagnant whole blood (self research work [6, 7])

Sample glucose concentration (mM) Translational diffusion coefficient  
static fluids (m2/s)

Translational diffusion coefficient  
flowing fluids (m2/s)

Flowing/static ratio

0 3.59 × 10−13 8.65 × 10−14 0.24

20 3.09 × 10−13 6.39 × 10−14 0.21

40 2.45 × 10−13 5.06 × 10−14 0.21

60 1.12 × 10−13 4.31 × 10−14 0.39

80 4.65 × 10−14 2.27 × 10−14 0.49
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diffusion coefficients compared to the static case (DT ratios 
less than unity, in the 0.2–0.5 range) [6, 39].

1.4  M‑mode scanning for in vivo blood glucose 
quantification

SV-OCT has been utilized to map out the blood microvas-
culature in three dimensions for the monitoring of the glu-
cose levels in blood after analyzing the Brownian motion 
of erythrocytes underlying DLS. The technique has been 
applied on nude live mouse’s skin for which the micro-
scopic images have also been obtained for normal blood 
vessels using dorsal skinfold mouse windows chamber 
(DS-MWCM) [33, 40, 41]. The crucial parameter required 
for SV-OCT includes the minimization of tissue motion 
artifacts; therefore, DS-MWCM provides a stationary plat-
form (free from bulk motion) and has been implanted on a 
nude mouse. In Fig. 5, the white light microscopy image of 
window chamber model has been depicted for illustration 
purpose that delineates the blood vessels for SV-OCT map-
ping [33, 40, 41].

1.4.1  Animal model

Before applying the DS-MWCM, the mouse was anesthe-
tized with a ketamine–xylazine (90–10 mg/kg) mixture. 
A 10-mm-diameter region of skin is placed between the 
titanium plates of DS-MWCM. A 12-mm-diameter and 
250-μm-thick coverslip is used to protect the exposed fas-
cia and vasculature. OCT imaging was performed by fix-
ing the DS-MWCM into the removable light weight alu-
minum plate to keep the animal at 37 °C after the recovery 
of the animal from surgery [33, 40, 41]. In this study, five 

animals were investigated and the diffusion coefficient was 
averaged.

1.4.2  SV‑OCT and M‑mode imaging system

OCT data were obtained from 36 kHz SS-OCT system 
as described earlier for in vitro case scenario [33, 40]. 
The interframe OCT fluid contrast algorithm termed as 
SV-OCT is based on the idea that the image speckle/
texture of relatively solid regions will persist between 
consecutive images, whereas speckle will show greater 
interimage speckle washout in regions of greater flu-
idity [42]. The algorithm for the generation of speckle 
variance images of OCT data needs to calculate the 
variance of pixels from a set of N, B-mode images (N 
is gate length), acquired from the same spatial location 
[33, 40, 41],

where i, j, and k are indices for the frame (up to N), trans-
verse, and axial pixels, and I is the corresponding pixel 
intensity value at the imaging speeds of 20 frames per sec-
ond. A more clearly schematic representation of the data 
set and pixel indices for three-dimensional frames stacking 
according to Eq. (5) is shown in Fig. 6. Figure 7 shows a 
blood vessels image of normal nude mouse obtained with 
SV-OCT. This 3D processed image of blood microvascu-
lature shows the distinction between the individual blood 
vessels with the dimensions of 6 mm × 6 mm × 2.2 mm 
[33, 40, 41].

(5)SVijk =
1

N

N∑
i=1

(
Iijk −

1

N

N∑
i=1

Iijk

)2

.

Fig. 5   White light microscopy image of window chamber model 
that delineates the blood vessels of a female nude mouse for SV-OCT 
mapping. Scale bar 2 mm [33, 41]

N frames 

Pixel (j,k) of the ith frame 

500 µm 

Fig. 6  A conceptual diagram of an acquired speckle variance data 
set of N frames and corresponding indices used to label the frame (i), 
transverse pixel location (j), and the axial pixel location (k) [33, 40]



361Optical coherence tomography for glucose monitoring in blood

1 3

Therefore, the SV-OCT image was used to select the 
ROI for in vivo study of glucose monitoring in five ani-
mals. With the help of M-mode imaging, the average value 
of DT was yielded ~5.85 × 10−14 m2/s (Table 4). The only 
10 % difference was observed from theoretical value of 
diffusion coefficient (5.85 × 10−14 vs. 6.50 × 10−14 m2/s 
[38]). The reason for this difference may include the forced 
convection, shear effect, and technique employed for meas-
urements. A clearer 3D image of glucose-free mouse’s 
microvasculature bed helps to visualize the suitable blood 
microvessels and provides easy selection of the ROI to 
obtain M-mode data (Fig. 7). In this way, the threshold 
measurement to quantify glucose levels for in vivo case 
scenario of injected higher glucose concentrations intrave-
nously has been achieved [33, 40, 41].

1.5  Affinity‑based turbidity glucose monitoring sensor

For the construction of highly specific turbidity glucose 
monitoring sensor, a layer is created using a sensor chemis-
try composed of small spherical hydrogel particles. Conca-
navalin A (ConA) is used to act as scattering medium as a 
function of glucose concentration in the presence of refrac-
tive index mismatch effect. The OCT setup in this technique 
consists of SLD light source (λ0 = 1.3 µm, P = 500 µW, 
and lc ~14 µm). In this setup, the continuous wave light-
emitting diode (CW LED, λ = 1.3 µm) is used as aiming 

beam. The output power incident on the sample is 200 µW. 
A photodiode is used to detect the interferogram signal. 
This signal is then preamplified, electronically filtered 
on resonance Doppler-shifted frequency (fD = 700 kHz), 
amplified by a logarithmic amplifier (dynamic range 
0–100 dB, amplification coefficient 23 mV dB-1, noise 
level 5–10 dB without averaging, and ~0.2 dB with aver-
aging of 512 spatially independent signals every 9 s [34]), 
visualized with a digital oscilloscope, digitized by an 
analog-to-digital converter (ADC), and recorded by a data 
logger for further processing. The sensorgram, i.e., OCT 
signal scanned the area ~0.2 mm × 0.2 mm in 1-mm path 
length cuvette. A typical OCT sensorgram of the sensor 
inside the cuvette is shown in Fig. 8 [43].

1.6  OCT signal slope (OCTSS) and OCT amplitude 
(OCTA) methods

1.6.1  Glucose monitoring in rabbit and monkey eyes

The TD-OCT has been utilized for depth-resolved monitor-
ing of glucose diffusion in fresh rabbit eyes (16 for whole 
experiment) in which the OCT system consists of a low-
coherence broadband light source (λ = 1310 ± 15 nm, 
Pout = 375 µW, and resolution of 25 µm) by Ghosn et al. 
[12]. The tissue is illuminated with laterally scanning 
(2.2 mm × 2.4 mm) endoscopic probe. Total consumed time 

Fig. 7  SV-OCT microvascula-
ture image of a normal mouse 
in DS-MWCM, a low bulk 
tissue motion situation with 
gate length N = 8. Dimen-
sions: (6400 × 1520 × 512, 
pixels) and/or 
(6 mm × 6 mm × 2.2 mm). The 
ROI is represented with mag-
nification, and depth-encoded 
color bar used to specify the 
depth of the vessel. Scale bar: 
250 µm [33, 40]

Table 4  Summary of Brownian 
motion analysis results in 
dynamic light scattering 
regime including translational 
decorrelation time, translational 
diffusion coefficient, and r2 
values for all five animals [33, 
40, 41]

Animals Translational decorrelation  
time (ms)

Translational diffusion  
coefficient (m2/s)

r2 value

Animal 1 38.20 1.02 × 10−14 0.93

Animal 2 44.00 6.68 × 10−14 0.95

Animal 3 48.80 6.03 × 10−14 0.98

Animal 4 46.70 6.30 × 10−14 0.99

Animal 5 52.20 9.20 × 10−14 0.96

Average 45.98 5.85 × 10−14 0.96
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is 90–150 min with the average rate of 3 s per image. 1D 
attenuation OCT signal is obtained by averaging the lateral 
direction to get depth profile on logarithmic scale. The sam-
ple is stored in a 0.9 % NaCl solution (pH 5.5) at 22 °C. 
A 20 % glucose solution in saline is prepared by adding 
4 ml of a 40 % glucose solution to the sample in saline after 
10 min from the starting point. Two methods have been used 
to calculate the permeability coefficient: (i) OCT signal 
slope (OCTSS) and (ii) OCT amplitude (OCTA) methods. 
The average permeability coefficient ṔG is calculated with 
OCTSS method by dividing the thickness of the region used 
to calculate the OCTSS (~155–255 µm) by the time of glu-
cose diffusion inside this region, i.e., ṔG = zregion/tregion = 9.
49 × 10−6 cm/s (Fig. 9). The time is calculated as the time 
when the saturation stage is reached minus the time when 
the OCTSS started to change (highlighted by a box). On the 
other hand, OCTA method calculates ṔG(z) = zi/tzi at spe-
cific depth zi, where tzi is the time of glucose diffusion to this 
depth (starting from adding of glucose up to the changes in 
OCT amplitude commenced). zi is calculated from the epi-
thelial surface of the sclera to the specific depth in sclera 
stroma. The thickness and refractive index of the sclera are 
349 µm and 1.4, respectively, but for measurements, the 
used thickness was 210, ~36 µm below the epithelial sur-
face. The typical OCT signals calculated from different 
depths of tissue are shown in Fig. 10a. The typical perme-
ability coefficients measured at different depth can be seen 
in Fig. 10b by OCTA method which is seen to be nonlinear 
increasing from 2.39 ± 0.73 × 10−6 cm/s at the epithelial 
side to 8.63 ± 0.27 × 10−6 cm/s close to the endothelial 
side of the sclera [12].

The same TD-OCT system has been used to monitor glu-
cose in epithelial tissues (rabbit and monkey eyes; porcine 
skin; and coronary artery) by Larin et al. [44]. For isolated 
rabbit sclera during water diffusion experiments, the results 
are expressed in Fig. 11 where OCT signal slope has been 

calculated from the 279-mm region at a sclera depth of 
approximately 105 mm from the surface. From Fig. 7, the 
water permeability rate, PW

isol ~6.6 × 10−5 cm/s, has been 
explored for cornea during glucose diffusion experiment. 
The OCT signal slope shown in Fig. 12a was calculated 
from the 175-mm region at the corneal (partly submerged) 
depth of approximately 350 mm from the epithelial sur-
face which yielded permeability coefficient = 1.62 × 10−5 
cm/s. For fully submerged eyeballs, the OCT signal slope 
is shown in Fig. 12b resulting in glucose permeability 
coefficient ~5.5 × 10−6 cm/s. In vitro results for perme-
ability coefficient from glucose diffusion studies in a typi-
cal pig skin are shown in Fig. 12c from which the calcu-
lated permeability coefficient is ~8.95 × 10−6 cm/s but 
the average glucose permeability in pig skin in vitro is 
~(7.69 ± 0.56) × 10−6 cm/s [44].

Ghosn et al. [45] also have used the aforementioned 
OCT system for glucose monitoring in rhesus monkeys 

Fig. 8  Principle of measuring 
reversible glucose-dependent 
turbidity change in the ConA/
Sephadex dialysis sensor (thick-
ness approximately 0.4–
0.6 mm) in a cuvette by OCT 
filled with 0 and 30 mM glucose 
solutions added (reprinted with 
permission from American 
Chemical Society, 2013 [43])

Fig. 9  Temporal analysis of OCT signal slope during the glucose dif-
fusion experiment of sclera (reprinted with permission [12])
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(Macaca mulatta) where small changes occurred have been 
detected due to scattering induced by the molecular move-
ment flux. 0.2 ml of 20 %-concentrated glucose (diluted 
in distilled water; refractive index–1.35, pH–4.6) is topi-
cally applied through the hole in the probe holder during 
the course of imaging, and its diffusion in the skin is moni-
tored with OCT. OCTSS method is used for the calculation 
of the permeability rate of glucose in monkey skin [12, 25, 
46]. After addition of the glucose, the effect of water wash-
out from the dermis due to the hyperosmotic properties of 
glucose is significant causing the refractive index matching 
of the scatterers and the ground (interstitial) material. This 
causes the decreases in the OCT signal slope as a function 
of time. From these experiments, the averaged permeability 
rate of glucose from four different monkeys has been evalu-
ated to be (4.41 ± 0.28) 10−6 cm/s [45].

While using the same TD-OCT system for fresh New 
Zealand white rabbit eyes (stored in 0.9 % sodium chlo-
ride solution to prevent dehydration), the OCT images 
were continuously acquired for 60–180 min to calculate 
the permeability coefficient by Ghosan et al. [46]. Ophthal-
mic drugs studied in this experiment were metronidazole, 

ciprofloxacin, dexamethasone, and mannitol with respec-
tive concentrations of 0.5, 0.3, 0.2, and 20 %, respectively. 
Two methods, OCTSS and OCTA, have been used to cal-
culate the permeability coefficient. The permeability coef-
ficient for water is found to be (1.68 ± 0.54) × 10−5 cm/s. 
Ciprofloxacin (0.3 %), dexamethasone (0.2 %), and 
metronidazole (0.5 %) had permeability coefficients 
of (1.85 ± 0.27) × 10−5, (2.42 ± 1.03) × 10−5, and 
(1.59 ± 0.43) × 10−5 cm/s, respectively. Table 5 shows 
the summary of the permeability coefficients of different 
agents in the rabbit cornea. The permeability coefficient 
of water was found to be (1.33 ± 0.28) × 10−5 cm/s. Cip-
rofloxacin, mannitol, glucose 20 %, and metronidazole 
had permeability coefficients of (1.41 ± 0.38) × 10−5, 
(6.18 ± 1.08) × 10−6, (8.64 ± 1.12) × 10−6, and 
(1.31 ± 0.31) × 10−5 cm/s, respectively. Table 6 gives the 
permeability coefficients of these agents in sclera [46]. 

Larin et al. [47] have also used OCT to monitor the 
glucose in fresh coronary arteries from pigs performed 
within 24 h after obtaining from the source at 22 °C. In 
this experiment, 20 % glucose solution was examined 
for 1 h. The OCT signal slope was calculated from 105-
μm region at tissue depth of approximately 52 μm from 
the surface. The calculated averaged permeability rate was 
1.43 ± 0.24 × 10−5 (cm/s).

Gosan et al. [48] reported the permeability coefficient 
of dextran tetramethyl rhodamine in pig aortas chilled 
0.9 % saline solution using OCT. From the OCTSS graph 
for a pig aorta during this dye diffusion experiment, the 
permeability rate was computed to be 2.59 × 10−5cm/
s. The permeability rate of the dye was found to be 
(2.45 ± 0.46)  × 10−5cm/s (for n = 3 experiments) [48].

The OCT system consisting of an SLD (λ0 = 1310 nm, 
Δλ = 50 nm, axial resolution 10–15 μm, transverse res-
olution of about 25 μm) applied on esophageal tissues 
of size 1.5 × 1.5 cm2 with thickness varying from 1.0 to 
3.0 mm after performing esophageal cancer surgery by 
Zhao et al. [49]. The permeability coefficient of 40 % 

Fig. 10  a OCT signal from 
different depths of the tissue. 
The starting of glucose diffu-
sion is denoted by arrows at the 
particular depth and b diffusion 
rates measured at different 
depths in the sclera (reprinted 
with permissions [12])

Fig. 11  OCTSS as a function of time recorded from isolated sclera 
during water diffusion experiment (reprinted with permissions [44])
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Fig. 12  OCTSS as a function of time recorded from cornea in partially submersed whole eyeballs a, in fully submersed whole eyeballs b, from 
pig skin (in vitro) c, and from monkey skin (in vivo) d during glucose diffusion experiment (reprinted with permissions [44])

Table 5  Permeability 
coefficient of different agents in 
rabbit cornea [46]

Agent Permeability coefficient ± SD (cm/s) No. of independent experiments

Water (1.68 ± 0.54) × 10−5 8

Ciprofloxacin (1.85 ± 0.27) × 10−5 4

Mannitol (8.99 ± 1.43) × 10−6 4

Dexamethasone (2.42 ± 1.03) × 10−5 7

Metronidazole (1.59 ± 0.43) × 10−5 5

Table 6  Permeability 
coefficient of agent in rabbit 
sclera [46]

Agent Permeability coefficient ± SD (cm/s) No. of independent experiments

Water (1.33 ± 0.28) × 10−5 5

Ciprofloxacin (1.41 ± 0.38) × 10−5 3

Mannitol (6.18 ± 1.08) × 10−6 5

Dexamethasone (864 ± 1.12) × 10−6 14

Metronidazole (1.31 ± 0.29) × 10−5 4
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glucose in the normal esophagus and esophageal squamous 
cell carcinoma (ESCC) tissues was calculated by using the 
OCTSS method. The monitored region of the tissue was 
about 210 μm in thickness and 290 μm away from the sur-
face. It took 35 min to reach the glucose in the monitored 
region and 67 min to completely diffuse. This information 
gives the average permeability coefficient of 40 % glucose 
solution from different normal esophageal tissues to be 
(1.74 ± 0.04) × 10−5 cm/s. In the similar fashion, the per-
meability coefficient of 40 % glucose in ESCC tissues was 
found to be (2.45 ± 0.06) × 10−5 cm/s [49].

Larin et al. [19] used the fiber-optic-based OCT setup 
for blood glucose monitoring in human skin. This slope 
analysis provides the best correlation in the range from 200 
to 600 μm. In this way, four consecutive OCT signals were 
averaged, normalized, and plotted as a function of time. 
The depth investigated in this work was 550–600 μm and 
380–500 μm. Seventeen percentage of change in the slope 
have been observed with the changes in glucose concen-
tration, from 90 to 140 mg/dl, in one volunteer and ~15 % 
with the changes in glucose concentration, from 100 to 
200 mg/dl, in the other volunteer [19].

1.6.2  Hyperosmotic agent in gastric cancer

To observe the dynamic diffusion of the hyperosmotic 
agent in normal and atherosclerotic aortic tissues, two 
stages have been observed, i.e., from the top tissue to 
the intercellular space and into the cell matrix. By intro-
ducing the dehydration, the imaging contrast can be 

improved during the first stage. For this monitoring and 
quantification by permeability coefficients of hyperos-
motic agents, the diffusion of 20 % aqueous solution of 
glucose in tumor tissues has been used. The OCT system 
used in this experiment consists of SLD (λ0 = 830 nm, 
Δλ = 50 nm, axial resolution of 10–15 µm, transverse 
resolution of 20 µm, SNR ~100 dB). The signal is guided 
through visible light source of 645 nm. Each A-scan con-
sists of 10,000 data points, and the time consumed for 
lateral scanning is ~1.0 s. The permeability coefficient 
of glucose in tissues ex vivo is measured with OCTSS 
method [46]. The OCT images of the normal stomach 
tissues ex vivo at 0, 20, and 40 min during the 20 % 
glucose diffusion experiment are shown in Fig. 13a–c, 
respectively. Here, we can see the submucosal layers of 
normal stomach tissues with layer structures at 0 and 
20 min. The stomach tumor tissues ex vivo are shown 
in Fig. 13d–f by showing the destruction of layer struc-
tures in the gastric cancer tissues. The equilibrium is set 
up after this 20 min thus giving permeability coefficients 
of 0.94 ± 0.04 × 10−5 cm/s. With the same procedure, 
the permeability coefficient is found for defective tissue 
5.32 ± 0.17 × 10−5 cm/s. The two types of tissues inves-
tigated in this experiment give a decrease in permeability 
coefficient in tumor [50].     

1.6.3  Effect of skin pressure on blood glucose monitoring

The effect of pressure on biological tissues yields the fol-
lowing extractions: (i) Blood and interstitial fluid volume 

Fig. 13  Normal stomach OCT images (a–c) and tumor-induced OCT images (d–f) at 0, 20, and 40 min during the 20 % glucose diffusion 
experiment (reprinted with permission [50])
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are reduced [51], (ii) light transmission increases due to 
thickness reduction [52], and (iii) the vasodilation [53]. The 
motion artifacts for in vivo experiments can be reduced by 
placing OCT probe on the skin and applying a slight pres-
sure to the probe. Consequently, a drift in the slope of the 
OCT signal is observed during blood glucose monitoring 
due to this pressure [54].
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