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We describe depth-resolved microscopy of cortical hemodynamics with high-speed spectral/Fourier domain
optical coherence tomography (OCT). Stimulus-evoked changes in blood vessel diameter, flow, and total hemoglobin were measured in the rat somatosensory cortex. The results show OCT measurements of hemodynamic changes during functional activation and represent an important step toward understanding functional hyperemia at the microscopic level. © 2009 Optical Society of America
OCIS codes: 110.4500, 170.3880, 170.5380, 170.1470.

Optical microscopy has been used to investigate the
metabolic and hemodynamic responses to brain activation [1,2]. Optical methods can measure relative
changes in cerebral blood flow, cerebral blood volume,
and blood oxygenation with high spatiotemporal resolution. Optical intrinsic signal imaging (OISI) can
provide highly sensitive measures of blood volume
and oxygenation changes [3] but does not enable
depth resolution. Scanning laser-Doppler [4] and laser speckle [5] imaging have been investigated for
measurements of cerebral blood flow but cannot perform depth-resolved measurements. Two-photon microscopy [6] enables measurements of capillary flow
and diameter, but measurements of high velocities or
simultaneous measurements at multiple cortical
depths are challenging. Therefore an imaging tool
that provides microscopic, depth-resolved, crosssectional imaging during functional activation would
aid in investigating the hemodynamic response.
Optical coherence tomography (OCT) has shown
potential as a tool for studying the functional response to neuronal activation. OCT has been used to
measure signal changes related to functional activation [7,8]. However, these changes were indirectly related to changes in blood flow and volume and are
therefore difficult to interpret. Recently, high-speed
spectral/Fourier domain OCT was used to visualize
blood flow in cortical vessels [9]. In this Letter, we apply spectral/Fourier domain OCT to directly perform
depth-resolved measurements of blood vessel diameter, blood flow, and total hemoglobin in the brain
during functional activation.
Animal protocols were approved by the animal care
committee at the Massachusetts General Hospital.
Rats were prepared with cranial windows [10]. Imaging was performed during forepaw stimulation (300µs-wide pulses; 3 Hz repetition rate; 4 s pulse train
duration, 20 s stimulation sequence period; 0.5 mA–
1.5 mA pulse amplitude) while rats were under
alpha-chloralose anesthesia and immobilized stereotactically. Rats were first imaged during forepaw
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stimulation using OISI to determine the response
area and to confirm physiological stability of the animal. For OISI, an Hg:Xe lamp illumination was spectrally filtered to a narrow band (±5 nm) at 570 nm,
an isosbestic point for hemoglobin absorption. Therefore a decrease in cortical reflectivity at 570 nm corresponds mostly to an increase in total hemoglobin.
A spectral/Fourier-domain OCT microscope was
constructed for in vivo imaging of the rat cerebral
cortex. The light source consisted of a Ti:sapphire laser (Mai Tai, Spectra Physics) operating at ⬃830 nm
and spectrally broadened in a nonlinear fiber
(UHNA3 manufactured by Nufern, distributed by
Thorlabs). The axial (depth) resolution was approximately 5.0 µm in air (3.7 µm in tissue). The power on
the sample was 15 mW, and the sensitivity was 110
dB. A home-built spectrometer using a 2048 pixel, 12
bit line scan camera (Aviiva SM2 camera, e2v semiconductors) enabled an imaging speed of 22,000 axial
scans per second and an axial imaging range of 2.5
mm in air. The galvanometer mirrors (Cambridge
Technology, Inc.) were relay imaged onto the back focal plane of a microscope objective (Olympus
XLUMPLFL20XW/IR-SP, 20⫻, 0.95 NA, 1.9 mm
working distance). The transverse resolution was
⬃11 µm. OCT cross-sectional images were acquired
repeatedly across 2 mm of cortical tissue at either
2800 axial scans per image (Fig. 1) or 4100 axial
scans per image (Figs. 2 and 3). Thirty trials of contralateral forepaw stimulation were performed. OCT
imaging was performed within 20 min of OISI imaging using a separate microscope.
Before Doppler OCT analysis, a digital temporal
high-pass filter was applied to the complex OCT data.
High-pass filtering to remove stationary clutter improves the accuracy of velocity profile estimates [11].
For this study, high-pass filtering enabled visualization of deeper vessels by reducing signal from the
vessel wall, multiple scattering from stationary
structures, and low-frequency fluctuations in the
light source. The complex temporal autocorrelation
© 2009 Optical Society of America
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Fig. 1. (A) Differential OISI image at peak activation, (B)
Doppler OCT image at baseline with cortical surface indicated by a white line, (C) Doppler OCT flow changes over
selected regions of interest.

function was estimated at multiple time delays using
an 8 µm ⫻ 8 µm window at every position. The autocorrelation function estimate was subsequently corrected by subtracting the noise autocorrelation function, which was determined by the noise variance
and high-pass filter. Finally, a weighted least-squares
fit was performed to determine the phase slope of the
autocorrelation function, accounting for noise heteroskedasticity and autocorrelation. This fitting procedure is an extension of the Kasai autocorrelation
[12].
Figure 1(A) shows a colormap of the OISI change in
reflectance at 570 nm during peak activation normalized to baseline. The OCT scan is shown as a white
arrow. Figure 1(B) shows the Doppler OCT image,
computed by performing a complex summation over
all baseline images, converting phase slope to velocity, and thresholding the resulting image based on
the OCT amplitude image. The Doppler OCT image
shows the locations of blood vessels up to a depth of
greater than 500 µm. Artifacts are evident below
large vessels as a result of multiple scattering and
sidelobes from the point-spread function. Figure 1(C)

Fig. 2. (Color online) (A) Doppler OCT velocity image of an
arteriole at baseline (above) and during peak activation
(below). (B) Relative flow, velocity, and diameter time
courses.
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Fig. 3. (Color online) Extinction coefficient change measured by OCT shows a time course that resembles total hemoglobin. (A) OCT amplitude image on a logarithmic scale,
showing a region of interest (ROI) in a capillary bed, and a
draining vein (V) near the region of interest. (B) Profile of
the natural logarithm of OCT amplitude versus depth, before the stimulus (dotted line) and during peak activation
(solid line). (C) Profile of difference between peak activation
and baseline, with standard errors and linear fit. (D) Time
courses of ⌬t measured by OCT (solid curve), flow in the
draining vein measured by OCT (dashed curve), and ⌬HbT
measured by OISI (dotted curve).

shows relative flow changes in an artery, a vein, and
a venule. Doppler OCT axial velocities were summed
over the ROIs shown in Figure 1(B), yielding flow
axial projections. Relative changes in velocity and
flow were assumed to be equal to relative changes in
their respective axial projections. The artery shows a
smaller response and a larger relative undershoot,
because it is further from the center of activation
[10].
Figure 2(A) shows a Doppler OCT image of an arteriole at baseline (0–1 s) and during peak activation
(4–6 s). A complex summation at each position over
all relevant time points and trials was performed before phase slope was converted to velocity. Both
changes in velocity and cross-sectional area are evident. Figure 2(B) shows measurements of flow (F), diameter (d), and maximum velocity during functional
activation. The diameter was calculated as the
FWHM of the velocity profile. The flow and maximum velocity show significant covariance and have a
higher variance than the diameter measurements.
The relative flow change calculated directly by spatial summation over an ROI containing the vessel
(method 1) agrees with the relative flow change obtained from the relative changes in maximum velocity and diameter (method 2). The peak change in velocity is approximately 10%, while the peak change
in diameter is 15% and the peak change in flow is
40%. Separation of flow, velocity, and diameter
changes based on the velocity profile is possible in
large vessels. However, this method fails to provide
accurate measurements in capillaries. In vessels of
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intermediate diameter where the velocity profile varies significantly on the scale of the resolution, the effects of integration over the resolution voxel as well
as the frequency weighting introduced by digital
high-pass filtering and CCD camera low-pass filtering must be accounted for in order to yield accurate
measures of flow, velocity, and diameter.
Figure 3 shows imaging of total hemoglobin concentration by measuring the change in extinction coefficient caused by functional activation. Figure 3(A)
shows an OCT image with a region of interest around
a capillary bed, and a draining vein (V) near the region of interest. Figure 3(B) shows the natural logarithm of the transversally averaged OCT signal as a
function of depth during baseline (0–1 s) and peak activation (5–7 s) over this region of interest. The time
range for peak activation was chosen based on the
OISI measurements. Assuming single scattering, the
OCT signal profile i共z , t兲 is determined by the timedependent extinction coefficient t共t兲, timedependent backscattering A共t兲, focusing of the OCT
beam [13], and the sensitivity rolloff of the spectrometer [14]. The focusing of the beam and the spectrometer roll-off function are represented as multiplicative factors hconfocal共z兲 and hspectrometer共z兲, respectively:
hspectrometer共z兲A共t兲
exp关−t共t兲z兴.
i共z , t兲 = hconfocal共z兲
By taking the natural logarithm of this expression
and
subtracting
off
the
baseline
profile,
log 关i共z , t兲兴 − log 关ibaseline共z兲兴 = log 关A共t兲兴 − log 关Abaseline兴
− 关t共t兲 − t,baseline兴 z = log关A共t兲 / Abaseline兴 − ⌬t共t兲z. The
left-hand side of this expression is plotted at peak activation with standard errors, computed across trials,
in Fig. 3(C). A least-squares fit was performed to determine ⌬t共t兲. Thus the change in the extinction coefficient was computed independently of focusing or
the spectrometer roll-off. In Fig. 3(C), the standard
errors are depth independent, although the number
of detected photons decreases with depth. This suggests that the dominant source of noise is physiologic
motion and speckle and not photon noise. Therefore a
3D OCT raster scan protocol to reduce speckle [15]
will improve estimates of extinction coefficients.
Figure 3(D) shows the change in the extinction coefficient as a function of time with the OISI total hemoglobin change ⌬HBT and the OCT flow in a vein
[labeled in Fig. 3(A)]. Both the ⌬HBT signal and the
OCT flow signal are scaled to match the peak of the
⌬t signal. The ⌬HBT and ⌬t time course shapes
are virtually identical. By contrast, the flow response
shows a faster return to baseline than both the
⌬HBT and the ⌬t responses. The increase in extinction coefficient is consistent with an increase in scattering resulting from a higher red-blood-cell concentration.
Measurements for these experiments were performed with a supercontinuum generated by a normal dispersion high-NA fiber. While self-phase modulation is expected to generate a smooth spectrum
with very little noise, temporal fluctuations in the
spectrum limited the dynamic range. Therefore fu-

ture studies will use a more stable superluminescent
diode. Finally, the range of measurable velocities before phase wrapping occurred in our system was ⫺3.6
mm/s to 3.6 mm/s. We observed aliasing frequently in
pial arteries where the velocity was high and in diving arterioles where the angle between the flow and
the probe beam was high. Faster spectrometer systems with speeds of 50,000–75,000 axial scans per
second will eliminate most phase-wrapping artifacts.
To our knowledge, these results represent the first
direct measurements of evoked hemodynamic
changes due to functional activation with OCT. These
results may help to elucidate the hemodynamic component of the functional response that is responsible
for the BOLD (blood oxygen level-dependant) magnetic resonance imaging (MRI) signal, thereby enabling more quantitative interpretation of functional
MRI. In addition, measurements of blood flow are important for quantitative measurements of oxygen delivery and therefore oxygen consumption. Similar
methods may be applied in the retina or other organ
systems to measure stimulus-induced changes in
blood flow.
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