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Abstract—Optical coherence tomography (OCT) is a nonin-
vasive cross-sectional imaging technique with micrometer res-
olution. The theoretical axial resolution is determined by the
center wavelength and bandwidth of the light source, and the wider
the bandwidth, the higher the axial resolution. The characteristics
of OCT imaging depend on the optical wavelength used. In this
paper, we investigated the wavelength dependence of ultrahigh-
resolution (UHR) OCT using a supercontinuum for biomedical
imaging. Wideband, high-power, low-noise supercontinua (SC)
were generated at λ = 0.8, 1.1, 1.3, and 1.7 µm based on ultrashort
pulses and nonlinear fibers. The wavelength dependence of OCT
imaging was examined quantitatively using biological phantoms.
Ultrahigh-resolution imaging of a rat lung was demonstrated with
λ = 0.8–1.0 µm UHR-OCT. The variation of alveolar volume was
estimated using three-dimensional image analysis. Finally, UHR-
spectral domain-OCT and optical coherence microscopy at 1.7 µm
were developed, and high-resolution and high-penetration imaging
of turbid tissue, especially mouse brain, was demonstrated.

Index Terms—Optical coherence tomography, supercontinuum,
optical coherence microscopy, fiber lasers, ultrashort pulse.

I. INTRODUCTION

O
PTICAL coherence tomography, abbreviated OCT, is a

non-invasive, micrometer-scale cross-sectional imaging

technique using an optical interferometer [1]. Since OCT is

a non-invasive technique for imaging internal structure, it has

been applied in the medical field, especially in ophthalmology

[2], [3]. It has been already used at the clinical stage, especially

for observing cross-sections of the retina.
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Three main schemes are used for OCT imaging: time-domain

(TD) OCT, spectral-domain (SD) OCT, and swept-source (SS)

OCT. The theoretical axial resolution is determined by the co-

herence length of the light source, and the wider the spectral

bandwidth is, the higher the axial resolution is. For SS-OCT, a

rapid-wavelength-tunable cw laser is used as the light source,

and the interference signal is observed in the spectral domain.

The axial resolution is, in this case, limited by the bandwidth of

the light source. For TD-OCT and SD-OCT, ultrahigh-resolution

OCT has been demonstrated using a wideband supercontinuum

(SC) [4], [5]. An SC is an ultrawideband spectrum broadened by

nonlinear effects. It used to be necessary to use a high-energy

short pulse to achieve a wideband SC [6], [7]. Thanks to the

invention of highly nonlinear fibers and photonic crystal fibers,

since they can confine the optical power inside a small core area

along a long length, a wideband SC can now be achieved with nJ

pulses. Nowadays, SC sources are commercially available, and

they have been applied to ultrahigh-resolution OCT [8]–[10].

We have been investigating ultrahigh-resolution OCT using

SC sources [11]. The characteristics of OCT imaging depend on

the optical wavelength used. We have constructed SC and OCT

systems operating in different wavelength ranges, and we have

been investigating the wavelength dependence of OCT imaging

[12]–[16].

In this paper, we investigated the wavelength dependence of

UHR-OCT using an SC, for application to biomedical imag-

ing. First, we discuss SC generation for UHR-OCT. Then, we

describe experiments in which we prepared lipid samples, and

investigated the wavelength dependence of OCT imaging both

qualitatively and quantitatively. Then, considering the wave-

length dependence results, we demonstrated biomedical imag-

ing using animal samples. First, we investigated OCT imaging of

rat lung tissue via a collaboration between medical and software

groups. 3D imaging analysis was demonstrated for investigating

alveolar structures. Then, we developed UHR-OCT systems op-

erating in the λ = 1.7 µm range using a high-power SC for deep

imaging of turbid tissues. High-resolution SD-OCT and optical

coherence microscopy (OCM) systems were developed, and the

characteristics were examined through imaging of mouse brain

samples.
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Fig. 1. Experimental setup of coherent SC generation with ultrashort pulse
solid state laser and optical fiber.

II. SUPERCONTINUUM GENERATION FOR

ULTRAHIGH-RESOLUTION OCT

The operating principle of OCT is like that of an incoherent

interferometer. The theoretical axial resolution, ∆z, is equal to

the coherence length and is written as

∆z = 2 ln 2/π · λ
2/∆λ (1)

where λ is the center wavelength, and ∆λ is the bandwidth of

the light source [2], [3]. Therefore, the wider the bandwidth of

the light source is, the higher the axial resolution is.

Another important requirement for the light source in OCT is

low noise. For the OCT imaging of biological samples, a high

sensitivity of up to 90 dB is required. The higher the sensitivity

is, the deeper the penetration is. The noise properties of the light

source directly affect the sensitivity of OCT imaging, so a low-

noise, wideband light source is ideal for UHR-OCT imaging.

We have been investigating UHR-OCT imaging using wide-

band light sources. As an example of such a wideband light

source, we have been investigating the supercontinuum gener-

ated with an ultrashort pulse and optical fibers.

There are many reports of ultrawideband SC generation us-

ing photonic crystal fibers and highly nonlinear fibers [6], [7].

Ultrawideband SC generation can be demonstrated using an

SC generation scheme based on highly nonlinear fibers includ-

ing photonic crystal fibers pumped around the zero-dispersion

wavelength. The wideband SC can be generated by pumping

with cw laser light or laser pulses whose pulse widths are wider

than picoseconds. However, in this case, the pump beam is di-

vided into multiple ultrashort pulses, and they generate lots of

different SCs. As a result, although the optical spectra of the

generated SCs look smooth when averaged, each SC has a dif-

ferent spectral shape for one shot and contains high-intensity

noise [17], [18].

Using an ultrashort pulse and normally dispersive highly non-

linear fibers, the spectrum was broadened by only self-phase

modulation, and there was no temporal overlap among the spec-

tral components of the SC. As a result, we could generate a low-

noise, highly coherent, and smooth SC [19]–[21]. The spectral

shape is another important factor. For the SC generated with

normally dispersive fibers and an ultrashort pulse, the spectral

shape is smooth and consists of a single peak, making it suitable

for UHR-OCT.

Figure 1 shows the configuration for SC generation using an

ultrashort pulse laser and optical fibers. This scheme has been

used for SC generation at λ = 0.8 and 1.0 µm [12], [13]. The ul-

trashort pulse generated by a passively mode-locked solid state

laser was used as the pump pulse. The spectral and temporal

Fig. 2. Supercontinuum generation in normal dispersive optical fibers,
(a) numerical results of SC generation and (b) experimentally generated
spectrum.

shapes of the output pulse were sech2, and the temporal width

was ∼100 fs. In the 0.8 µm range, since the output pulse had

a slight chirp owing to the chromatic dispersion of the optical

isolator and the optical devices in the laser, dispersion compen-

sation with a prism pair was applied, as shown in Fig. 1. Then

the ultrashort pump pulse was coupled into the optical fibers,

and the SC was generated.

Figure 2(a) shows the numerical results of the SC generation

scheme shown in Fig. 1. The optical spectrum rapidly broad-

ened through self-phase modulation within a few cm of the

optical fiber. The spectral shape had a few peaks, which are typ-

ical characteristics of self-phase modulation. Then, the spectral

shape became gradually smoother along with the propagation

in the normally dispersive fibers. After 2 m of propagation, a

smooth Gaussian-like wideband SC was generated.

Figure 2(b) shows the optical spectrum of the generated SC

in the experiment. It had a Gaussian-like smooth shape, which

is almost in agreement with the numerical one. The noise prop-

erties and coherence were examined, and it was confirmed that

the SC had low noise and high coherence properties. The corre-

sponding theoretical axial resolution was 2.0 µm.

For the SC generation at 0.8 µm, an ultrashort-pulse

Ti:Sapphire laser (MaiTai) and polarization maintaining fiber

with a small core were used [12]. Recently, generation of a

Gaussian-like SC was demonstrated using photonic crystal fiber

(PCF) and the SHG pulse from an Er-doped ultrashort-pulse

fiber laser system [22].
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Fig. 3. Experimental setup of SC generation at λ= 1.7 µm based on Er-doped
ultrashort pulse fiber laser with SWNT.

Fig. 4. Optical spectrum of generated SC at λ= 1.7 µm.

For SC generation at 1.0 µm, a SESAM mode-locked

ultrashort-pulse Nd:glass laser was used as the pump pulse

source. It generated a 100 fs transform-limited sech2 pulse at

1.06 µm. The output pulse was coupled into UHNA3 fiber hav-

ing normal dispersion properties and a small core. This scheme

also generated a Gaussian-like SC [23].

For generating an SC at 1.3 µm, we started with an Er-doped

ultrashort-pulse fiber laser system. The output pulse was ampli-

fied in an Er-doped fiber amplifier, and a wideband SC centered

at 1.55 µm was generated. The 1.3 µm component was picked

off with a bandpass filter to obtain the SC at 1.3 µm [13].

Figure 3 shows a configuration for SC generation at 1.7 µm

[16], using a passively mode-locked ultrashort-pulse fiber laser

and a single wall carbon nanotube (SWNT) film. This setup

generated ∼250 fs sech2-shaped ultrashort pulses at a repetition

frequency of 110 MHz. The output pulses were introduced into

an Er-doped fiber amplifier to generate high-power ultrashort

pulses, which were introduced into PMF, generating Raman-

shifted soliton pulses at 1.7 µm. The output pulses were passed

through a low pass filter, and only the soliton pulse was cou-

pled into normally dispersive highly nonlinear fiber, generating

a Gaussian-like SC, as shown in Fig. 4. The average power

was 60 mW. The corresponding theoretical axial resolution was

3.1 µm.

Figure 5(a) shows the optical spectra of a generated SC, and

the absorption spectra of water. In biological tissue, there are

strong absorptions by hemoglobin and water. In highly trans-

parent tissue, like the eye, the absorption by water is dominant,

and the wavelength range of 0.8–1.0 µm has been mainly used

for observation of the fundus of the eye. In conventional tissue,

the absorption by hemoglobin, which is larger at shorter wave-

Fig. 5. (a) Spectra of generated SC for OCT. (b) Relation between axial res-
olution and bandwidth of light source for examined wavelengths. The symbols
correspond to the generated SCs in this work.

lengths, is dominant, and the wavelength range of 1.3 µm has

been mainly used. In terms of scattering, the longer the wave-

length is, the lower the magnitude of the scattering is. Recently,

much attention has been focused on longer wavelengths for deep

tissue imaging.

Figure 5(b) shows the relation between axial resolution and

bandwidth of the light source [13]. The symbols correspond to

the generated SC in this work. From eq. (1), the shorter the

wavelength is, the higher the axial resolution is for the same

bandwidth. In other words, a wideband spectrum is required for

demonstrating ultrahigh-resolution OCT at longer wavelengths.

III. WAVELENGTH DEPENDENCE OF UHR-OCT

In biological samples, since the magnitudes of absorption

and scattering depend on the wavelength, the characteristics of

OCT imaging depend on the optical wavelength. In our previ-

ous work, we investigated the wavelength dependence of OCT

imaging using several different samples. In this work, in or-

der to discuss the wavelength dependence of OCT imaging,

we prepared a biological tissue phantom, and we performed a

quantitative comparison of OCT imaging in four wavelength

regions, including the 1.7 µm band. As the wavelengths, we

used 0.8 µm, which is commonly used for ophthalmic imaging,

and 1.1 µm and 1.3 µm, which have been used for deep tissue

imaging recently.



7101115 IEEE JOURNAL OF SELECTED TOPICS IN QUANTUM ELECTRONICS, VOL. 25, NO. 1, JANUARY/FEBRUARY 2019

Fig. 6. Experimental setup of time-domain OCT for the investigation of wave-
length dependence.

TABLE I
EXPERIMENTAL CONDITIONS AT EACH WAVELENGTH

Figure 6 shows the experimental setup of the TD-OCT system

for investigating the wavelength dependence. In order to discuss

the wavelength dependence of OCT imaging, we have to adjust

the characteristics of OCT imaging at each wavelength. In this

work, the sensitivity, optical power falling on the detector, and

Rayleigh length in front of the sample were adjusted at each

wavelength. The characteristics of the OCT systems used in this

work are shown in Table I.

As the OCT light source, we used an SC generated with

ultrashort laser pulses and highly nonlinear fibers. The schemes

of SC sources used in this work were mentioned in the previous

section. In order to maintain the same conditions, we controlled

the magnitude of the nonlinearity, and the bandwidth of SC was

adjusted to achieve a longitudinal axial resolution of 5 µm in

tissue.

A. Biological Tissue Phantom Using Lipid Mixture

In this work, we investigated the OCT imaging characteristics

quantitatively using a biological tissue phantom, in which the

optical properties can be arbitrary controlled. The main target

of imaging in this study is a highly scattering sample containing

water, such as brain and skin. In place of the highly scattering

tissue, we used lipid mixtures as the biological tissue phantom,

which have a high scattering coefficient and high water content.

Since we can control the scattering and absorption coefficients

arbitrarily by controlling the ratio of lipid droplets and H2O, a

Fig. 7. Example of OCT signal intensity profile observed in biological tissue
phantom.

biological tissue phantom consisting of a lipid mixture is often

used for the quantitative characterization of biomedical imag-

ing [24], [25]. In order to examine the variation in penetration

depth and image contrast in OCT imaging as a function of the

scattering coefficient of the biological tissue, a 20% lipid solu-

tion was diluted with water (H2O) and heavy water (D2O) to

prepare lipid mixtures with lipid densities of 1, 2, 3, 5, 8, 10, and

15%. The optical absorption properties of brain and skin in the

near infrared region coincide with that of 70% water. In order to

realize the absorption properties of highly scattering tissue, we

added heavy water (D2O) into the mixture so that the absorption

property coincided with that of the 70% volume density water

[26]–[28]. In this work, the refractive index of the phantom was

assumed to be constant at 1.35 at wavelengths of 0.8–1.7 µm,

and we investigated the wavelength dependence.

B. Definition of Penetration Depth and Contrast (SNR) in

OCT Imaging

For the OCT measurement of a sample that has a homo-

geneous structure and a constant index distribution along the

longitudinal direction, the behavior of the decreasing OCT sig-

nal is explained with the “single scattering model” [28]–[30].

The single scattering model is used for investigating the optical

attenuation inside the sample under assumption that the scatter-

ing occurs only once inside the sample. The biological phantom

(lipid mixture) used in this work had a homogeneous structure

and a constant index distribution along the longitudinal direction

on a macro scale, and therefore, the single scattering model was

used to determine the imaging depth and contrast in OCT imag-

ing. In the single scattering model, the OCT signal power P(z)

coming back from a point at depth z from the surface decreases

exponentially as

P (z) = P0exp (−µt · 2z) , (2)

where P0 represents the OCT signal power from the sample

surface, and µt is the attenuation constant. Taking the log of eq.

(2), we obtain

10 · log10

(

P (z)

P0

)

= − 20µt · log10e · z

≈ − 8.69µt · z. (3)

Therefore, the log of the OCT signal power decreases linearly

as a function of the depth.

Figure 7 shows the depth profile of the OCT signal power in

the biological phantom measurement. The solid lines represent
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the observed OCT signal power, and the broken lines show the

attenuation line obtained by the single scattering model. In order

to reduce the variation in signal power, the depth profile of the

OCT signal was averaged 900 times at the same line. Around

the sample surface, the OCT signal power decreased linearly

along the measurement depth, and we can see that the single

scattering model was usable. At the deep part of the sample,

the measurement value was larger than the line estimated by

the single scattering model. It is considered that these signals

are affected by artifacts caused by multiple scattering, and the

actual noise floor at the deep part was increased by the effect

of multiple scattering events [29]. In this work, we define the

imaging depth as the length from the sample surface to the depth

where the straight line obtained by the single scattering model

crosses the noise floor, as shown in Fig. 7. We also define the

imaging contrast (SNR) as the ratio between the values of a

straight line obtained by the single scattering model and that of

the noise floor at each depth. We examined these parameters at

different wavelengths, and discuss the wavelength dependence

of OCT imaging.

C. Wavelength Dependence of OCT Imaging

Here, we used biological phantoms with different lipid den-

sities, and we examined the dependence of the imaging depth

and image contrast in OCT imaging on the effect of scattering

coefficients and optical wavelength.

The results of OCT imaging in biological phantoms are shown

in Fig. 8. For a phantom with 1% lipid density, the imaging depth

at λ = 1.7 µm was obviously shorter than those at λ = 1.1 and

1.3 µm, owing to the effect of water absorption. As for the

imaging contrast, the SNR was ∼20 dB at λ = 0.8–1.3 µm,

whereas it was ∼10 dB at λ = 1.7 µm at a depth of ∼0.5 mm.

It is considered that the scattering magnitude was the smallest

and the power of scattered light decreased at λ = 1.7 µm among

the four wavelengths examined.

At λ = 0.8–1.3 µm, as the lipid density increased and the

magnitude of scattering inside the phantom increased, the image

contrast around the sample surface increased, but the imaging

depth obviously decreased owing to signal attenuation by scat-

tering. For the phantoms having 8% and 15% lipid densities, the

deepest penetration depth was obtained at λ = 1.7 µm, where the

effect of scattering was minimum among the four wavelengths.

For λ = 1.7 µm, as the lipid density in the sample increased,

the OCT image contrast increased at the deep part, as well as

around the surface.

From the depth profile of the OCT signal power in the phan-

tom, as shown in Fig. 7, we obtained the attenuation coefficient

using the single scattering model. Fig. 9(a) shows the attenu-

ation coefficient obtained with the single scattering model. At

λ = 1.7 µm, the attenuation coefficient was almost constant

while the magnitude of the scattering coefficient increased. On

the other hand, the OCT signal intensity increased as the lipid

density increased. As a result, the image contrast at a deep part

increased at λ= 1.7 µm as the lipid density increased.

For λ = 0.8–1.3 µm, the attenuation coefficient obviously

increased as the lipid density increased [Fig. 9(a)]. In addition,

Fig. 8. Observed OCT images of biological phantom as the functions of
wavelength and lipid concentration. The horizontal scan range was 1 mm.

Fig. 9. (a) Obtained attenuation coefficient and (b) penetration depth as func-
tions of wavelength and lipid concentration.
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Fig. 10. Variation of contrast (SNR) as the functions of wavelength and
lipid concentration. (a) Imaging depth: 0.2 mm. (b) Imaging depth: 0.6 mm.
(c)Imaging depth: 1.00 mm.

for the measurement in the phantom with high lipid density,

the attenuation line obtained from the single scattering model

deviated greatly from the measured results at λ = 1.7 µm. This

suggests that the actual noise floor was increased by multiple

scattering in OCT imaging. At λ = 1.7 µm, the effect of multiple

scattering at a deep part in the sample was not observed.

Figure 9(b) shows the wavelength dependence of the pen-

etration depth, obtained with the single scattering model. For

1.7 µm OCT imaging, in the sample with low lipid density,

the image contrast was low and the imaging depth was short

compared to those at λ = 1.1 and 1.3 µm, owing to the small

scattering coefficient and the effect of water absorption. As the

lipid density increased, the imaging depth decreased at λ = 0.8–

1.3 µm. On the other hand, at λ = 1.7 µm, the imaging depth

was almost constant and independent of the lipid density. In the

high-scattering phantom, which had a lipid density of 5–15%,

the deepest penetration depth was achieved at λ = 1.7 µm, which

is consistent with previous findings [29], [30].

Using the signal attenuation line obtained with the single

scattering model, SNRs of OCT images at depths of 0.2, 0.6,

and 1.0 mm from the surface were obtained (Fig. 10). For the

OCT imaging around the sample surface, the image contrast

was degraded in the low-scattering sample at λ = 1.7 µm. On

the other hand, in the high-scattering sample, the same or larger

imaging contrast was achieved at the deep part by use of λ =
1.7 µm, compared to those at λ = 1.3 µm. In order to obtain

a high-contrast OCT image at a deep part, the advantage of

using λ= 1.7 µm was enhanced as the scattering coefficient

increased.

Here we will discuss the results of this section in terms of

biological imaging. The magnitude of the scattering coefficient

of the lipid mixture (10% lipid concentration) was ∼2/mm at

λ = 1.6 µm [30]. This magnitude is almost the same as those

of brain and skin tissue at λ = 1.6–1.7 µm, which are 1–3/mm

[31], [32]. In the lipid mixture solution prepared in this work, the

D2O was added so that the volume ratio of H2O reached a value

of 70%, which is the same as the value in actual brain and skin

tissue [26], [27]. As a result, the OCT imaging characteristics

obtained in the 70% lipid mixture solution were close to those

obtained for the actual brain and skin tissues. In Fig. 9, the

highest penetration depth was obtained at λ = 1.7 µm. So it is

considered that the deepest imaging can be achieved for actual

brain and skin tissue when we use a 1.7 µm OCT system. On the

other hand, considering the results in Fig. 10(b), OCT systems

operating at λ= 0.8–1.0 µm are effective for achieving deep

imaging in low-scattering samples.

In our previous work, we examined the impact of light scatter-

ing, water absorption, and chromatic dispersion for deep-tissue

OCT imaging at 1.7 µm wavelength range [33]. The lipid phan-

tom used in this section was used as the quantitative sample.

As the results, the degradation of axial resolution was ob-

served inside the lipid phantom. When the lipid density was

increased, the axial resolution did not change. It means that the

scattering does not cause the chromatic dispersion. On the other

hand, when the thickness of the sample was increased, the axial

resolution and SNR were both degraded. It was confirmed that

the degradation of axial resolution was mainly caused by the

chromatic dispersion of water. It was also observed that the op-

tical spectra suffered the absorption of water. As the thickness

of the sample was increased, the magnitude of absorption was

increased and the spectral shape of irradiated beam was slightly

changed. The effect of water absorption caused the degradation

of SNR.

The magnitude of chromatic dispersion of water takes the

minimum around 1.0 µm range, and it increases as the wave-

length increases. As the results, the effect of chromatic dis-

persion inside the sample is increased as the wavelength is in-

creased.

Although the magnitude of chromatic dispersion inside the

sample is large at λ = 1.7 µm, we confirmed that it could be

compensated by the conventional dispersion compensation with

glass materials. As the results, the high axial resolution close

to the theoretical one was achieved for the deep-tissue OCT

imaging at λ = 1.7 µm.

IV. UHR-OCT IMAGING OF RAT LUNG

In this section, taking account of the results in the previ-

ous section, we describe experiments using the developed OCT

system for biomedical imaging.

Lung imaging is important for lung physiology and pathology.

For example, accurate measurement of alveolar volume under

different environments or clinical conditions can provide infor-

mation about the stability, interdependence, and mechanism of

alveolar collapse and reopening specifically under mechanical

ventilation or conditions of atelectasis recovery.
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Recently, OCT has been gaining credibility as a pulmonary

imaging tool [34]–[37]. OCT is a promising advanced diagnostic

technology for real-time imaging of abnormalities in the chest

for assessing the degree of fibrosis or inflammation in seriously

ill patients with pulmonary diseases, without the need for lung

resection.

The first OCT imaging of the lung was reported by groups

at MIT and Massachusetts General Hospital (MGH) [38], [39].

Following this, Tsuboi et al. demonstrated OCT imaging of sam-

ples extracted from central type lung cancers [40]. Hanna et al.

reported OCT imaging of histological lung tissue [41]. Recently,

three-dimensional OCT imaging of the alveolar structure of a

ventilated rabbit lung was demonstrated using a Fourier-domain

OCT system [42]–[44]. Recently, fiber needle probes have been

actively investigated for in vivo OCT imaging of lung tissue

[45]–[47].

Recently, we demonstrated UHR time domain OCT imaging

of isolated rat lungs using SC in the 800 nm, 1060 nm, and

1300 nm wavelength ranges [15]. Index matching using phos-

phate buffered saline (PBS) was demonstrated, and fine struc-

tures of the airway tissue and lung tissue were clearly observed

by cross-sectional imaging. As a result, the finest structures of

lung tissue were observed at a wavelength of 800 nm, and the

highest contrast was achieved at a wavelength of 1060 nm. These

results are consistent with those in the previous section.

Chronic obstructive pulmonary disease (COPD) has recently

been identified as one of the leading causes of morbidity and

mortality worldwide. The chronic inflammatory changes char-

acteristic of COPD are found in the airways, lung parenchyma,

and pulmonary vasculature [48]. The major sites of obstruction

in COPD are small airways (<2 mm in diameter). The nar-

rowing and disappearance of small conducting airways before

the onset of emphysematous destruction, such as centrilobular

emphysema or panlobular emphysema, is reported to increase

peripheral airway resistance in COPD [49]. OCT is expected to

offer clinical advantages for the detection of these pathological

and structural changes to track disease progression. To investi-

gate this, we used a dexamethasone-treated rat, which is a model

of a developmental defect rather than of emphysema; however,

the results showed a pathological pattern of enlarged distal air

spaces with reduced alveolar number (alveolar simplification),

similar to COPD [50], [51].

Owing to the development of medical imaging technologies

such as computed tomography (CT), three-dimensional image

processing techniques have advanced greatly. In the field of

OCT, we can now obtain large 3D data, and it is also important

to process and analyze the observed 3D image data. Meissner

et al. demonstrated the feasibility of the segmentation and quan-

tification of alveoli with OCT [52]. Pagnozzi et al. demonstrated

the automated quantification of lung structure using OCT with

a fiber needle probe [53].

In the work described in this section, we demonstrated three-

dimensional OCT imaging and volume analysis of rat lung tis-

sue. Formalin-fixed rat lungs and those filled with air or PBS

were prepared as samples. For imaging, we mainly used UHR-

TD-OCT systems operating in the 820 nm and 1060 nm wave-

length regions. For the comparison, and especially 3D imaging,

we also used a spectral domain (SD) OCT operating in the

TABLE II
CHARACTERISTICS OF OCT SYSTEMS USED IN THIS WORK

930 nm wavelength region. We compared the observed OCT

images and examined the wavelength dependence.

For three-dimensional rendering and analysis, we utilized

software that we developed, called NewVES, which is a 3D

virtual endoscopy system using a fast software-based volume

rendering technique [54]. Then, as the diseased samples, the

lungs of dexamethasone-treated rats were examined. Using the

NewVES, the volume of alveoli for each sample was estimated

from the OCT images, and their variation was examined.

A. Methods and Materials

In this work, we used three OCT systems, operating in the

820 nm, 930 nm, and 1060 nm wavelength regions. For the

820 nm and 1060 nm regions, we used UHR-TD-OCT systems,

shown in Fig. 6. The SC was generated using an ultrashort-

pulse solid state laser and a single mode fiber, as shown in

Figs. 1–3. For the 930 nm wavelength region, we used a

commercially available SD-OCT system (Thorlab, Callisto). A

super-luminescent diode (SLD) was used as the broadband light

source. The axial resolution was 7.0 µm in air, and the lateral

resolution was 8 µm. The sensitivity was 105 dB for the ir-

radiation power of 1.5 mW at the sample. The imaging speed

was 1,200 A scans per second. The characteristics of the OCT

systems used are summarized in Table II.

We demonstrated OCT imaging of rat lung tissues. As the

samples, Sprague-Dawley (SD) rats (10 weeks of age, obtained

from Japan SLC, Shizuoka, Japan) were used for all experi-

ments. The rats were maintained in a room under conventional

conditions and were provided with food and water ad libitum.

All procedures were performed in accordance with the Animal

Experimental Guides of Nagoya University Graduate School

of Medicine. Rats were sacrificed by exsanguination from the

abdominal aorta under anesthesia. The lungs, with cannulated

trachea, were removed and inflated. In this work, the inflation

pressure was fixed at 10 cmH2O for all samples.

B. Results and Discussion

1) Normal Rat Lung Tissue: First, we demonstrated the OCT

imaging of normal rat lung tissue. Fig. 11 shows the images ob-

served in the 820 and 1060 nm wavelength regions. Fig. 11(a, b)

shows cross-sectional OCT images for the normal rat lung tissue

inflated with air. The inflation pressure was set at 10 cmH2O.

Owing to the large difference in refractive index between the

air and lung tissue, the shapes of the alveoli changed due to

total or multiple reflections at the alveolar wall [55]. One or

two alveoli just beneath the visceral pleura were observed. We

examined four samples, and the similar images were observed

in all samples.
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Fig. 11. Cross-sectional OCT images of normal rat lung tissues (a,b) inflated
with air, instilled with (c, d) PBS, or (e, f) formalin. The inflation pressure was
set at 10 cmH2 O. The cross-sectional images were observed with UHR-TD-
OCT at (a, c, e) 820 nm and (b, d, f) 1060 nm. The inflation pressure was fixed
at 10 cmH2 O for all samples. The scale bars correspond to a 100 µm length in
the tissue.

Figure 11(c, d) shows the cross-sectional images when the

lung tissue was instilled with PBS in place of air. The instilla-

tion pressure was set at 10 cmH2O. Owing to the index matching

with PBS, the alveoli were observed clearly with high resolu-

tion. Three to five alveoli just beneath the visceral pleura were

observed clearly. Similar to the previous work, the finest images

were observed in the 820 nm wavelength region, and deeper

images with high contrast were observed in the 1060 nm wave-

length region. Using SD-OCT in the 930 nm wavelength region,

similar images to those in the 1060 nm wavelength region were

observed.

Figure 11(e, f) shows observed cross-sectional images of

formalin-fixed rat lung tissues. Clear images similar to those

observed for the PBS-instilled lung tissue were observed for all

wavelengths.

Figure 12(a) and (b) show enlarged 3D-UHR-OCT images of

a formalin fixed rat lung inflated to a pressure of 20 cmH2O.

The UHR-TD-OCT at 820 nm wavelength region was used

for imaging. The shapes of the alveolar sac and alveoli were

clearly observed, and the interalveolar septa were also clearly

observed. From the animation (Visualization 2), we could see

the variation of the shape from alveoli to sac as the imaging

depth was increased.

Figure 13 shows a hematoxylin and eosin-stained histological

image of the formalin-fixed normal rat lung tissue. The histo-

logical sample was made from the same sample used in OCT

imaging. We can see that the size and shape of the alveoli and

Fig. 12. Enlarged 3D UHR-OCT images of formalin fixed rat lung, showing
(a) 3D (Visualization 1) and (b) en face images (Visualization 2). The inflation
pressure was 20 cmH2 O. al: alveolus; ias: interalveolar septum; sac: alveolar
sac; vp: visceral pleura.

Fig. 13. Hematoxylin and eosin-stained histological image of the formalin-
fixed normal rat lung tissue.

alveolar sac were almost the same in both the OCT images and

the histological ones.

Using the SD-OCT system, since the imaging speed was fast,

we could observe the 3D OCT image of biomedical samples

smoothly. In this work, each 3D image was taken within 4 min

for SD-OCT. The 3D image was constructed using the NewVES

software, which is specially designed software for virtual en-

doscopy systems developed by Mori [54]. 3D representation

using a volume rendering technique was demonstrated. In ad-

dition to the noise elimination and contrast enhancement, it has

many functions for image processing, such as division and cou-

pling of images, and estimation of length and volume. Using

this software, we can view any part of the 3D imaging data from

arbitrary angles.

Figure 14 shows the observed 3D images and 3D represen-

tation obtained using NewVES. Clear and high resolution 3D

images were obtained, and detailed structures of the lung tissues

were observed. For the formalin-fixed samples, the 3D images

were also taken with UHR-TD-OCT at two wavelengths. Since

it took a long time to achieve the 3D images, the imaging area

was limited to 1/4 of that for SD-OCT imaging. Similar but

more precise images were observed with ultrahigh resolution.

Next, we tried to estimate the volume of an alveolus for each

lung sample using the analysis process in NewVES. Four sam-

ples of normal rat lung were used as the control. Each alveolus

was separated automatically by signal processing, and the vol-

umes of alveolus were estimated (Visualization 4). The average

volume and standard deviation were estimated for 90 alveoli in

each lung tissue sample.
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Fig. 14. 3D OCT image of normal rat lung instilled with 10% formalin (Visu-
alization 3). The inflation pressure was 10 cmH2 O.The NewVES software was
used for 3D image construction. The volume estimation process with NewVES
is also shown in Visualization 4.

Fig. 15. Distribution of estimated alveolar volume of formalin-fixed normal
rat lung samples with pressures of 10 cmH2 O using OCT systems operating at
wavelengths of 820, 930, and 1060 nm.

TABLE III
ESTIMATED ALVEOLAR VOLUME OF FORMALIN-FIXED NORMAL RAT LUNG

SAMPLES OBSERVED WITH OCT SYSTEMS IN 3 WAVELENGTH REGIONS

Figure 15 shows the distribution of estimated alveolar vol-

ume observed with 3 OCT systems. Formalin-fixed normal rat

lungs were used as the samples. Almost the same places were

observed for each OCT system. The estimated data are summa-

rized in Table III. Similar values were achieved for all 3 OCT

systems, and reliable repeatability was confirmed. The average

values of alveolar volume were 2.7 × 104 to 3.3 × 104 µm3 , and

the standard deviation was 0.88 × 104 to 1.2 × 104 . The esti-

mated magnitudes were almost in agreement with the previously

reported ones [56]–[58].

2) Rat Lungs With Emphysema-Like Morphological

Changes: Next, in order to discuss the effectiveness of OCT

for imaging lungs with COPD, we used dexamethasone-treated

rat lungs. Newborn Sprague-Dawley (SD) rats were injected

with dexamethasone (0.25 µg/day) subcutaneously from day 4

Fig. 16. Cross-sectional OCT images of dexamethasone-treated rat lung tis-
sues inflated with (a, b) air, instilled with (c, d) PBS, or (e, f) formalin. The
inflation pressure was set at 10 cmH2 O for all samples. The cross-sectional
images were observed with UHR-TD-OCT at (a, c, e) 820 nm, and (b, d, f)
1060 nm. The scale bars correspond to a 100 µm length in the tissue.

until day 13 to induce emphysema-like morphological changes,

as previously described [50], [51]. Ten weeks after the last injec-

tion of dexamethasone, the rats were examined for histological

changes [51]. The lungs, with cannulated trachea, were removed

and then inflated with air and instilled with PBS or 10% formalin

to a pressure of 10 cmH2O.

Figure 16 shows cross-sectional OCT images of the

dexamethasone-treated rat lungs. Compared with the lung of the

normal rat, the OCT images of the lung of the dexamethasone-

treated rat showed markedly different alveolar morphology, with

fewer, larger alveoli. These histological and structural changes

observed in the UHR-OCT images are in good agreement with

those observed using a standard hematoxylin and eosin staining

method used in histology. Among the three inflation conditions,

the clearest OCT images were observed with PBS inflation. We

also observed fine OCT images of the lung in the case of 10%

formalin, since the index matching between the lung tissue and

the 10% formalin was similar to that between the lung tissue

and PBS. Emphysema- like morphological changes were clearly

observed in the dexamethasone-treated rat lung.

It is interesting to note that since the number of alveolar walls

was smaller than that in normal lung tissue, deeper images were

acquired in the diseased lungs, even those inflated with air.

Figure 17 shows the observed hematoxylin and eosin-stained

histological images of dexamethasone-treated rat lung. We can

clearly see that the number of alveolar walls was less, and larger

alveoli were observed. The histological images were almost in

agreement with the observed OCT images.
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Fig. 17. Hematoxylin and eosin-stained histological image of the formalin
fixed dexamethasone-treated rat lung.

Fig. 18. 3D OCT images of dexamethasone-treated rat lung inflated with
formalin. The corresponding 3D images are also shown in Visualization 5 and
Visualization 6.

Fig. 19. Distribution of estimated alveolar volume of formalin-fixed
dexamethasone-treated rat lung samples with pressures of 10 cmH2 O using
OCT systems operating at wavelengths of 800, 930, and 1060 nm.

Figure 18 shows the observed 3D images and 3D represen-

tation obtained with NewVES. 3D structural changes of lung

tissue were clearly represented. Using one of the functions of

NewVES, we can see anywhere inside the 3D image data.

Figure 19 shows the distribution of estimated alveolar vol-

ume for dexamethasone-treated rat lungs. The formalin-fixed

rat lungs were used as the samples, and three OCT systems

were used for the measurement. The same process used for

Figure 15 was applied for the volume estimation. The estimated

data are summarized in Table IV. Close values were achieved

for all three OCT systems, thus confirming reliable repeatabil-

ity. For the dexamethasone-treated rat lungs, the average values

TABLE IV
ESTIMATED ALVEOLAR VOLUME OF FORMALIN-FIXED

DEXAMETHASONE-TREATED RAT LUNG SAMPLES OBSERVED WITH OCT
SYSTEMS IN THREE WAVELENGTH REGIONS

of alveolar volume were 51.8 × 104 to 56.8 × 104 µm3 , and the

standard deviation was 19.5 × 104 to 23.5 × 104 . The expan-

sion ratios of the alveolar volume relative to that of the normal

rat lung were 16–21. We confirmed the structural changes quan-

titatively by non-destructive OCT measurement.

V. 1.7 µM OCT AND OCM

In this section, we discuss OCT imaging at λ= 1.7 µm. At

the present time, OCT systems operating in the λ = 0.8–1.3 µm

region are widely used for not only clinical medicine but also

fundamental biological and medical research studies, such as

brain science studies [59]–[62]. Although OCT provides excel-

lent imaging capabilities, the penetration depth in turbid tissues

has been limited by signal attenuation due to multiple scattering

and water absorption.

Since the scattering magnitude decreases as the wavelength is

increased, recently, the use of a wavelength region longer than

1.3 µm has been proposed in order to increase the penetration

depth [13], [16], [29], [30], [63]. These investigations revealed

that the 1.7 µm wavelength band is a promising choice for

enhancing the penetration depth in turbid tissue, because there

is a local minimum of water absorption there.

In the previous section, we investigated the wavelength de-

pendence of OCT imaging quantitatively using biological phan-

toms. As a result, we confirmed that the 1.7 µm range is useful

for deep OCT imaging in highly scattering samples.

Previously, we successfully demonstrated deep-penetration

UHR-TD-OCT imaging using an SC generated in the 1.7 µm

range [13], [16], [63]. Recently, the SD-OCT and SS-OCT at

1.7 µm have been reported [64], [65]. The ability to image hip-

pocampal structures in a mouse brain with enhanced penetration

depth compared with a 1.3 µm OCT system was reported [65].

In this section, we present a full-range UHR-SD-OCT system

developed using a 1.7 µm SC source for high-resolution deep

tissue imaging [66].

As shown in Fig. 3, we have to use an extremely broadband

SC to achieve a high axial resolution of ∼3 µm. Detecting such

broadband light normally involves a sacrifice of the spectral

resolution due to the finite pixel number of the detection camera

in the spectrometer used in the SD-OCT system.

In this work, in order to overcome this issue, we employed

a full-range OCT technique, which uses a phase modulation

method [67]–[69].

Figure 20 shows the configuration of our developed UHR-SD-

OCT operating in the λ= 1.7 µm range. An Er-doped fiber laser-

based SC at 1.7 µm was used as the light source. The generated

SC was introduced into a fiber Michelson interferometer. For
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Fig. 20. Configuration of UHR-SD-OCT at λ = 1.7 µm.

the reference arm, a variable ND and dispersion compensation

glass were used to achieve the highest-performance OCT imag-

ing. For the sample arm, an x-y galvanometer mirror and an

achromatic lens were used for beam scanning. The focal length

of the achromatic lens was 30 mm. At the galvanometer mirror,

in order to increase the imaging range, an offset was added to

the collimated beam to demonstrate the full-range OCT imaging

[69]–[71]. For the detection system, a high-speed polychroma-

tor was developed using a high-speed InGaAs line scan camera

(Goodrich SU1024LDH-2.2RT-0250/LC), diffraction grating,

and achromatic lenses. Zmax software was used for designing

the polychromator. The wavelength resolution was 1 nm, and

the detection range was 1.4–2.0 µm.

The imaging system was constructed with LabView. The line-

rate of the camera was 47 kHz, and the imaging speed was

83 frames/s.

Owing to the offset on the x-axis galvanometer scanner, a

constant phase shift was added to the adjacent A-scans dur-

ing the B-scan. The obtained cross-sectional data was Fourier

transformed along the transverse scanning direction (B-scan di-

rection). Because each A-scan had a constant phase shift, the

signal spectrum in the spatial frequency domain was shifted to

both positive and negative frequency regions. Therefore, by cut-

ting out one of the signal spectra and applying an inverse Fourier

transformation along the B-scan direction, complex interference

spectra were achieved. Finally, a full-range OCT image, which

is an image constructed using only a primary OCT signal, was

generated by the Fourier transform of the complex interfero-

grams for each A-scan.

Figure 21 shows the sensitivity roll-off of the developed full-

range SD-OCT. A silver mirror was used as the sample, and an

ND filter was inserted to avoid saturation of the detector. As

shown in Fig. 21, the ghost image was well-suppressed, and

the suppression ratio was ∼40 dB in the whole region. There

were small peaks at depths around−0.2 to−0.8 mm, which were

considered to be caused by the residual dispersion mismatch

and the non-ideal spectral shape. The average axial resolution

was 4.9 um in air, and 3.6 um in tissue under the assumption

of a refractive index of 1.38. The measured sensitivity roll-

off was −10 dB/0.5 mm. We confirmed that it was possible to

achieve a full-range OCT image with an imaging area of 9.6 mm

(X) × 6.8 mm (Y).

Next, we demonstrated the OCT imaging of biological sam-

ples using the developed OCT system. Fig. 22 shows the

Fig. 21. Sensitivity roll-off of UHR-SD-OCT at λ = 1.7 µm.

Fig. 22. Observed OCT image of mouse brain. CC, corpus callosum; HIPP,
hippocampus.

full-range OCT images of the mouse brain. The brain is a highly

scattering sample with low water absorption, and the 1.7 µm

range is expected to be useful for imaging of the brain tissue.

3D imaging was demonstrated thanks to the fast imaging speed

of the SD-OCT system. The corpus callosum (CC) and hip-

pocampus (HIPP), which are characteristic structures in brain

tissue, were clearly visualized.

Figure 23 shows en face slices of the observed rat mouse

brain at depths of 0.9 and 1.6 mm. The axisymmetric structures

of CC and HIPP were clearly observed even at the deep region.

In OCT, since a long focal length is used for cross-sectional

imaging, the lateral resolution is generally ∼10 µm. Using a

high-NA lens, although the depth of focus is shortened, we can

achieve high-lateral-resolution imaging at a fixed depth. This

scheme is known as optical coherence microscopy (OCM) [72].

OCM is an imaging modality based on OCT and confocal mi-

croscopy, which realizes high spatial resolution in three dimen-

sions. The combination of OCT and confocal detection schemes

also helps to improve the image contrast by the enhanced rejec-

tion capability of signals from out-of-focus. So far, OCM tech-

niques have been successfully applied to visualize small details

in various biological samples, such as myelin fibers and cerebral

cortex in brain specimens [73]–[76]. One of the current critical

issues with OCM is the shallow imaging depth, like that in the
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Fig. 23. Reconstructed en face images of the mouse brain at depths of 0.9 and
1.6 mm.

Fig. 24. Configuration of developed OCM system operating at λ = 1.7 µm.

case of OCT. Since OCM provides imaging capabilities with

high spatial resolution in three dimensions, an improvement of

the imaging depth in OCM would be greatly beneficial to a wide

variety of biological investigations, such as brain studies.

In this work, we developed an UHR-OCM system operating

at 1.7 µm. This is the first OCM system developed for operation

at this wavelength [77].

Figure 24 shows the configuration of the developed OCM sys-

tem operating at λ = 1.7 µm. A high-NA objective lens working

in the 1.7 µm range was used in the sample arm. The focal length

was short but we could obtain high-resolution en face images.

The interferometer consisted of broadband fiber couplers work-

ing at 1.7 µm. Extended InGaAs photodiodes were used for the

detector, and interference signals were obtained at the balanced

detector. A corner cube prism was used to scan the length of the

reference arm. With this OCM system, we achieved both high

lateral and axial resolutions.

Figure 25 shows the observed OCM image of a single

polystyrene bead with a diameter of 200 nm. From this image,

the lateral resolution was estimated to be 1.3 µm, and the axial

resolution was 2.8 µm. Therefore, we realized a high-resolution

OCM imaging system.

Figure 26 shows the en face image of an observed pig thyroid

gland. The imaging depth was 150 µm from the surface. The

OCM system clearly visualized follicles and a single layer of

epithelial cells, which are characteristic structures of pig thyroid

gland.

Fig. 25. (a) Interference signal obtained with the developed OCM, (b) log-
arithmically demodulated signal, (c) en face OCM image of 200 nm single
polystyrene bead and (d) its intensity profile.

Fig. 26. OCM image of a pig thyroid gland at a depth of 150 µm.

Fig. 27. En face OCM images of mouse brain at several different depths.
Scale bar corresponds to 20 µm.

Then, we demonstrated the en face OCM imaging of a fixed

mouse brain at various imaging depths, as shown in Fig. 27.

Fiber-like structures were clearly observed up to a depth of

0.95 mm. Fiber-like structures were considered to be myelin

fibers. At a depth of 1.2 mm, no fiber-like structures were ob-

served. It is considered that this image represents the structures
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of white matter, or alveus hippocampi, in the mouse brain. We

also demonstrated deep en face imaging of a pig thyroid gland.

From these results, we confirmed that we can demonstrate high-

resolution deep imaging in turbid tissues using 1.7 µm OCM.

VI. CONCLUSION

In this work, we investigated the wavelength dependence

of ultrahigh-resolution (UHR) optical coherence tomography

(OCT) using a supercontinuum (SC) for biomedical imaging.

First, we explained the generation of a wideband SC for OCT.

We developed a Gaussian-like, high-power, low-noise SC using

ultrashort pulse lasers and highly nonlinear fibers. We prepared

SC and OCT systems operating in four different wavelength

ranges, and examined the wavelength dependence of OCT

imaging. In this work, we prepared biological phantoms using

lipid, and we quantitatively examined the dependence of OCT

imaging on the wavelength and scattering magnitude, in partic-

ular, the attenuation coefficient, penetration depth, and image

contrast. As a result, it was confirmed that λ = 1.7 µm is suit-

able for deep imaging in turbid tissue having a large scattering

coefficient. For low-scattering samples, the wavelength range of

λ = 0.8–1.0 µm is effective for deep imaging.

Then, considering the results of wavelength dependence,

biomedical imaging of animal samples was demonstrated. First,

3D cross-sectional imaging of rat lung was demonstrated using

0.8–1.0 µm OCT systems. Clear images of the alveoli were ob-

served due to the index matching effect of the liquid used for

inflation. The precise structures of lung tissue was observed with

UHR-OCT. 3D image processing software called NewVES was

applied, and clear 3D images were obtained. Emphysema-like

morphological changes were clearly observed in the lungs of

dexamethasone-treated rats. The volumes of alveoli were esti-

mated for formalin-fixed samples using NewVES. This is the

first report of non-destructive estimation of alveolar volume.

Next, we developed a UHR-spectral domain (SD) OCT sys-

tem operating at λ = 1.7 µm for deep 3D imaging of turbid

tissue. The full-range technique was used to enlarge the imaging

range. A high axial resolution of 3 µm in tissue was achieved

with a high-power SC source. A fast imaging speed of 83

frames/s was achieved using a line-scan camera. Deep OCT

imaging inside mouse brain was achieved, and part of the hip-

pocampus was observed at a depth of 1.6 mm.

Finally, an optical coherence microscopy (OCM) system op-

erating at λ = 1.7 µm was developed for the first time. A fiber-

laser-based SC source, a high-numerical-aperture lens, and a

time-domain interferometer were used for this OCM system.

The lateral resolution was 1.3 µm, and the axial resolution was

2.8 µm. The precise structures of mouse brain were observed

successfully at a depth of 1.2 mm.
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