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Abstract—Optical coherence tomography (OCT) has a comparatively high spatial resolution among tomographic 

bioimaging techniques and is less affected by changes in physiological conditions such as temperature, blood 

pressure, and osmolytes in the tissue. OCT detects changes in the refractive index of tissues, which is a function of the 

tissue glucose concentration (TGC). OCT signal intensity generally decreases with tissue depth, and its slope is 

expected to show a negative correlation with TGC in the interstitial fluid, reflecting blood glucose concentration (BGC). 

The currently applied OCT system for measuring TGC does not satisfy the accuracy for clinical demand, mainly 

because of the temporal and spatial variations of living tissues. In this paper, we propose a low magnification OCT 

(LM-OCT) for noninvasive monitoring of TGC by reducing the spatial resolution and show that LM-OCT significantly 

improves the accuracy of glucose measurement. The continuous development of LM-OCT in this direction is expected 

to offer a reliable and noninvasive tool for the clinical monitoring of TGC. 

 
Index Terms—low-magnification optical coherence tomography (LM-OCT), sensor development, spatiotemporal resolution, tissue 

glucose concentration (TGC).  

I. INTRODUCTION 

The number of patients suffering from diabetes has been 

increasing year by year and was more than 463 million people 

worldwide in 2019 [1]. Diabetes causes serious complications, such 

as retinopathy, nephropathy, and neuropathy. Patients require 

monitoring and control of blood glucose concentration (BGC) 

several times per day to avoid disease progression. At present, BGC 

is monitored in most cases by invasive and uncomfortable methods, 

both clinically and in daily self-monitoring, because chemical 

analyses of the invasive methods provide reliable accuracy [2, 3]. In 

the past two decades, significant efforts have been made to develop 

noninvasive optical techniques, including near-infrared scattering 

measurements [4], polarimetry [5], photo-acoustics [6], Raman 

spectroscopy [7], and optical coherence tomography (OCT) [8-16].  

Among them, OCT has several advantages for bioimaging 

because it has high spatial resolution and is less affected by 

physiological conditions such as temperature, blood pressure, and 

osmolytes [9, 12]. Therefore, OCT is regarded as a promising 

method for noninvasive tissue glucose concentration (TGC) in the 

tissue surface layer [8-17]. More recently, subsequent developments 

in optical techniques for measuring TGC (e.g., polarized-sensitive 

OCT or Mueller OCT [18] or planar waveguide optical sensors [19]) 

have been reported; however, their sensitivity and specificity for 
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estimating TGC are still below the clinical demands [2, 3]. 

It has been reported that temporal and spatial smoothing of OCT 

signals are effective for improving the precision of TGC 

measurements [10]. Temporal smoothing reduces measurement 

variation by averaging the massive data accumulated with multiple 

scans. Although the development of frequency-domain OCT (FD-

OCT) such as swept-source OCT (SS-OCT) and spectral-domain 

OCT (SD-OCT) has remarkably improved the measurement rate 

[16], it is still struggling to reach an acceptable level of accuracy in 

TGC measurements, clinically and commercially [2, 3]. In contrast, 

spatial smoothing can reduce data dispersion by smoothing and 

reducing the inhomogeneity of the tissue structure. Although 

approaches using two- or three-dimensional (2D or 3D, respectively) 

scans have been attempted [8, 13], they have also been found to 

spend considerable measurement time depending on the dimension 

of the scanning.  

In this paper, we propose a new approach for spatial smoothing by 

applying a low magnification OCT system (LM-OCT) with a wider 

lateral resolution by using low magnification objective lenses as low 

as 3×. Therefore, we report the stability and precision of LM-OCT 

for measuring a wide range of glucose concentration (GC) in in vitro 

phantoms. 

II. EXPERIMENTAL SETUP 

A. Theoretical Background 

Light scattering arises from the differences in the refractive 

indices (RIs) between the interstitial fluid (1.348–1.352) and the 

intracellular components (1.46–1.48) such as the plasma membrane 
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and the cytosolic component [20]. The RI of interstitial fluid also 

changes with the GC at a constant rate of 1.515 × 10-6 / (mg/dL) [21]. 

An increase in BGC induces an increase in TGC, resulting in a 

decrease in light scattering at cellular interfaces due to a reduction in 

the RI mismatch between the interstitial fluids and cells. Owing to 

the light extinction within the biological tissue, the OCT signal 

decreases exponentially as a function of the geometric depth z, and 

is expressed as 

𝐼(𝑧) = 𝐼0𝑒𝑥𝑝(−𝜇𝑡 ∙ 2𝑧), (1) 

where 𝐼0 and I(z) are the incident light intensity and light intensity at 

depth z, respectively. μt is the total attenuation coefficient, which is 

given as μt = μa + μs, where μa is the absorption coefficient and μs is 

the scattering coefficient. If the light scattering of the sample medium 

is not isotropic, the light scattering coefficient is practically given as 

μs′ = μs (1–g), where μs′ is the reduced scattering coefficient and g is 

the anisotropic parameter, and in the near infrared region around 1300 

nm, μs′ >> μa can be assumed for biological tissues, and, thus, we 

obtain the relationship μt ∼ μs′. Accordingly, Eq. (1) can be expressed 

as 

ln 𝐼(𝑧) = ln 𝐼0−2𝜇𝑠′ ∙ 𝑧. (2) 

Equation (2) indicates that 2μs′ corresponds to the slope of the 

logarithmic plot of OCT signal intensity vs. z, which changes with the 

TGC. In the present study, we used this equation to estimate GC in 

tissue phantoms. 

B. Tissue Phantom Preparation 

For the tissue phantoms for simulating the light scattering 

property of the biological tissues, we used a suspension of spherical 

polystyrene particles (0.92 µm in diameter; Spherotech, Lake Forest, 

IL, USA) in phosphate buffered saline solution at a fixed 

concentration. The scattering properties of the particles can be 

calculated according to the Mie theory, assuming a uniform 

configuration and size of the particles [22]. Glucose was dissolved in 

the particle suspension to prepare five GC samples of 0, 5, 10, 15, 

and 20 g/dL. The estimated scattering property of the sample 

suspension was set almost equal to that of human skin (μs = 1.0324 

mm-1, g = 0.81 [23], 2.92 × 10-3 spheres/μm3, and pH = 7.1 ± 0.1 at 

room temperature). The suspension was filled in a transparent quartz 

cell equipped on the scanning stage, and the measuring light beam 

was irradiated through the cell wall from the above direction. 

C. The OCT Systems 

In the present study, we used a self-made time domain OCT 

described elsewhere [24]. We configured an LM-OCT system 

equipped with objective lenses of 10× (LSM02; Thorlabs, Newton, 

USA), 5× (LSM03; Thorlabs), and 3× (LSM04; Thorlabs) (Fig. 1(a)). 

The lateral resolution Δx, the waist diameter of the sample beam, 

is given by 

𝛥𝑥 =
4𝑓𝜆

𝜋𝐷
, (3) 

where f is the effective focal length of the objective lens, λ is the 

central wavelength of the light source, and D is the diameter of the 

incident beam. 

The axial resolution of the OCT Δz, on the order of the coherence 

length, is given by 

𝛥𝑧 =
2 𝑙𝑛 2

𝜋
・

𝜆2

𝛥𝜆𝐹𝑊𝐻𝑀
, (4) 

where ΔλFWHM is the spectral bandwidth of the light source [11, 16]. 

The confocal parameter b, which is the range in the axial direction 

where the collimated beam waist is less than the square root of two 

times the waist on a focal spot, is represented by 

𝑏 =
𝜋𝑥2

2𝜆
. (5) 

The parameters of the OCT systems equipped with objective 

lenses of 10×, 5×, and 3× used in this study were f = 18, 36, and 54 

mm, respectively, and were λ = 1.3 µm, D = 2.0 mm, and ΔλFWHM = 

110 nm overall. The lateral resolutions of the OCT systems were 

estimated to be 15, 30, and 45 µm in the air, and the confocal 

parameters were estimated to be 268, 1073, and 2413 µm for the 

objective lenses of 10×, 5×, and 3×, respectively. The axial 

resolution of the OCT systems was estimated to be 7 µm in the air.  

D. OCT Measurement and Analysis 

Experiments were performed using the LM-OCT systems 

equipped with lenses of 10×, 5×, and 3× by 1D and 2D scans. At a 

fixed lateral position of the sample beam, a 1D scan along the z axis 

(in the depth direction of the object) was achieved by scanning the 

reference mirror by 1 mm. In the 1D scan, OCT signals were 

obtained from 200 continuous scans without moving the sample 

stage. In the 2D scan, OCT signals were obtained from 200 z-scans 

by moving the sample stage laterally in 10-µm steps each time the z-

scan was completed. Both the 1D and 2D scan data consisted of 200 

z-scans. These two types of measurements were repeated 10 times 

each for sample suspensions with GC of 0, 5, 10, 15, and 20 g/dL. In 

both the 1D and 2D scans, 200 continuous z-scans required about 50 

s. For each dataset consisting of 200 continuous z-scans, the OCT 

signals were transformed into logarithmic values and were averaged 

to reduce the speckle noise. The slope of the averaged OCT signals 

vs. depth, which is the attenuation constant, was calculated for the 

range of the optical path length between 100 and 400 µm from the 

sample surface. Ten datasets were measured for each sample with a 

fixed GC. These processes were repeated for the samples with five 

different GCs. The slopes of OCT signal intensity vs. GCs were 

analyzed using linear regression. 

III. RESULTS and DISCUSSIONS 

A. Profile of the OCT Signal Change in the Phantom 
Medium  

Fig. 1 shows a typical example of the changes in the OCT signal 

intensities obtained by the 1D (top) and 2D (bottom) scans with an 

objective lens of 10×. In the middle figures, the signal intensity 

along each z-scan is shown for one data set obtained with 200 

continuous z-scans. In Fig. 1 (right), the averaged signal intensities 

over 200 scans are shown. The depth is expressed as the optical path  
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Fig. 1. Measurement areas using LM-OCT system equipped with lenses of 10×, 5×, and 3× (a) and typical examples of the changes in OCT 

signal intensities as a function of the sample depth obtained by 1D (b) and 2D (c) scans with an objective lens of 10×. The values of the logarithm 

of the signal intensity shown with a pseudo color in the middle figures are shown in the horizontal axes in the right figures. 

 

length. In Fig. 1(b) and (c), the sharp peaks observed at a depth of 

around 100–200 µm correspond to the reflection from the phantom 

surface. The OCT signals in the semi-logarithmic scale decreased 

almost linearly as a function of the depth. The slope, i.e., the OCT 

signal decrement with the depth, corresponds to –2μs' from Eq. (2). 

Similar profiles of the OCT signal change were obtained with 

objective lenses of 5× and 3×. 

B. Effects of the Magnification of the Objective Lenses 
on the Slope of the OCT Signals 

Fig. 2 shows the changes in the slope of OCT signal intensity vs. 

depth plotted against the GC obtained by 1D scans (a) and 2D scans 

(b). Under the glucose-free condition, the slopes of the OCT signal 

intensity obtained with objective lenses of 10×, 5×, and 3× were 

2.21 ± 0.27 (mean ± SD), 0.92 ± 0.22, and 0.34 ± 0.10 in the 1D 

measurement, respectively (Fig. 2(a)). Those of the 2D measurement 

were 2.11 ± 0.17, 0.91 ± 0.13, and 0.37 ± 0.11, respectively (Fig. 

2(b)). These results indicate that a lower magnification results in 

smaller slope values probably because of the flattening or reduction 

of the scattering coefficient.  

C. Effects of Magnification of the Objective Lens on the 
Accuracy in Estimating the Glucose Concentration 

Table 1 shows the regression analysis applied to the data shown 

in Fig. 2. The slope coefficient of the linear regression (a) and the 

width of the 95% confidence interval for the slope coefficient (W95) 

are listed in Table 1. It is apparent that the ratio |W95/a| is smaller for 

the 2D scan mode than for the 1D scan mode for all the 

magnification objective lenses. Furthermore, the ratio |W95/a| of the 

lowest magnification objective lens was the smallest in both modes. 

These results indicate that spatial smoothing, both by 2D scanning 

and by using a lower magnification objective lens, produces additive 

effects to improve the signal-to-noise ratio of the OCT signals. This 

effect may be attributed to the reduction in the mesoscopic 

heterogeneity of the sample. Although the suspension used in this 

study is considered homogeneous macroscopically, number of 

suspended particles within the OCT sampling volume, that is the 

determinant of the OCT signal intensity, changes largely on the 

position statistically due to its small size. The number also depends 

on time due to Brownian motion of the suspended particles. The 

statistic of the particle number with position (2D scan) is considered 

different from that with time (1D scan). In the present case, a 2D 

scan with an objective lens of 3× can offer the most accurate 

parameters for estimating the GC of the sample. 

This effect of using low magnification objective lenses is 

considered to reduce the mesoscopic heterogeneity of the sample 

medium. In the evaluation of TGC using OCT, spatial smoothing 

has been attempted so far by using 2D or 3D scans while 

maintaining a high lateral resolution [8, 13]. However, these 

approaches have been found to spend considerable measurement 

time depending on the dimension of the scanning. Our proposed 

LM-OCT has the potential to be an efficient method for improving 

the accuracy of tissue glucose measurement in addition to temporal 

and spatial smoothing.  

The experiments in this study focused on stability and precision 

of the regression lines by measuring in vitro samples with broad 

range of GCs. In order to apply this method clinically, it is necessary 

to improve sensitivity for the clinical level of GCs. The methods to 

realize this goal contain improvement of statistics by finding an 

optimum magnification of objective, speeding up the OCT scan by 

use of FD-OCT, and so on. 

Furthermore, it is far simpler than other OCT systems such as 

polarized-sensitive OCT or Mueller OCT [17], and it is also 

applicable to other OCT systems. In combination with FD-OCT, 

such as SS-OCT and SD-OCT, our proposed LM-OCT is expected 

to considerably shorten the measurement time. It should be noted 

that the OCT measurements in this study aimed to estimate the GC 

in the interstitial fluid of the tissue surface layer, which consists of 

the epidermis, dermis, and subcutaneous tissue. The time lag of GC 

in the skin surface layer reaching the level in the circulating blood 

glucose is approximately 0-45 minutes (average lag time: 8–10 min) 

depending on the physiological conditions of the subjects [25]. 

Therefore, this time lag should be considered in in vivo applications. 
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Fig. 2.  Slope of OCT signal intensity vs. depth plotted against the glucose concentration in the phantom: (a) 1D and (b) 2D scan 
measurements. Each line indicates the linear regression. 

 

Table 1. Linear regression parameters of the slope of OCT signal 

intensity vs. glucose concentration. 

IV. CONCLUSION 

In this study, we examined the effects of spatial smoothing by 

lowering the magnification of the objective lens in estimating GC in 

the tissue phantom suspension using OCT (LM-OCT). The results 

showed that the use of lower magnification objective lenses 

substantially improved the accuracy of the estimation of GC. 

The present results suggest more beneficial effects of using LM-

OCT under a multidimensional-mode scan on the glucose estimation 

by smoothing and reducing the inhomogeneity of the tissue structure, 

and such use of LM-OCT is expected to advance noninvasive 

glucose measurement for patients with diabetes mellitus. 
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Scan Lens a/10-2 b R W95(a) |W95(a)/a| 

1D 10× -1.03 2.3 -0.27 1.1 × 10-2 1.02 

 5× -1.40 1.1 -0.46 7.9 × 10-3 0.56 

 3× -1.17 0.46 -0.80 2.5 × 10-3 0.22 

2D 10× -1.77 2.3 -0.76 4.4×10-3 0.25 

 5× -1.32 1.0 -0.72 3.7×10-3 0.28 

 3× -1.26 0.49 -0.82 2.6×10-3 0.21 
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