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Abstract 
 

Cerebral blood flow (CBF) is a good indicator of brain health as blood carries necessary 

nutrients, oxygen, and metabolic byproducts. Quantitative blood flow information can be used in 

several clinical and therapeutic applications such as stroke detection, measuring autoregulation, 

evaluating brain injury, or determining neuronal activity. Over the past few decades, light-based 

deep tissue hemodynamic detection modalities have become popular for non-invasive CBF 

measurements. In particular, noninvasive Diffuse Correlation Spectroscopy (DCS), has become a 

tool of choice for research and clinical applications due to its depth sensitivity (>1 cm), portability, 

validity against other technologies such as Magnetic Resonance Imaging (MRI) or Computed 

Tomography (CT), and its use of non-ionizing light radiation that permits prolonged and 

continuous real-time in-vivo measurements. Although the measurement accuracy of DCS is 

excellent, instrumentational complexity, cost, processing burden, and size constraints limit wide 

adoption. 

In recent years, several alternative implementations of DCS have been proposed addressing 

its limitations, such as Diffuse Speckle Contrast Analysis (DSCA) and Speckle Contrast Optical 

Spectroscopy (SCOS). Briefly, in DCS a point detector, i.e., Single Photon Counting Avalanche 

Photodiode (SPAD), is used to measure temporal fluctuations of light intensity to compute the 

intensity autocorrelation function and estimate blood flow. DSCA and SCOS measure light 

intensity fluctuations with a camera, and compute second order speckle statistics to estimate tissue 

hemodynamics. Use of a camera as photodetector reduces instrumental complexity and data 

processing burden. These modalities provide a relatively easy measurement framework. However, 
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they are not suitable for portable multichannel operation due to the use of fiber coupled high 

coherence lasers and camera or APD array as a photodetector. Moreover, realizing a multichannel 

detection system with this technique would be expensive. 

In this dissertation, I address the hardware limitations of DCS and speckle-based blood 

flow measurement. First, I introduce a novel digital hardware based TTL (Transistor to Transistor 

Logic) pulse counting technique, Compressed DCS (CDCS), which achieved 87.5% data 

compression for DCS data acquisition. Aside from excellent data compression, it provides a cost-

effective (i.e., >100x cost efficiency) hardware scheme to implement multi-channel hardware 

acquisition for a DCS instrument. Second, I developed a fiber-less portable low power laser system 

for DCS – fiber-less DCS (FBDCS). I validated the capability of FBDCS to probe deeper into the 

tissue surface, up to 3.5 cm. Finally, I have introduced a novel deep tissue blood flow modality, 

Integrated Diffuse Speckle Contrast Spectroscopy (iDSCS), a simple photodiode based deep tissue 

blood flow detection technique. iDSCS utilizes an off-the-shelf, low-cost photodetector in photo-

voltaic mode to detect temporal speckle fluctuations. A model-based fitting was then performed 

to compute relative blood flow (rBF). 

All three technologies have been validated in phantom and in-vivo measurements. I further 

investigated noise in these systems thus providing a guide for future implementation. In 

combination, these techniques could pave the way for the development of a portable, multi-channel 

deep tissue blood flow detection device. 
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Chapter 1:  Introduction 
 

Blood flow is a significant biomarker for tissue health. Blood supplies necessary nutrients 

to tissue and clears metabolic byproducts. Chronic reduction in blood flow can diminish organ 

functions and lead to cell death [1]–[3] especially in critical tissues like the brain, whereas 

increased flow can indicate immune response, internal injury and recovery states, and in some 

cases cancer [2], [4]–[6]. In particular, cerebrovascular hemodynamics may be associated with 

various disease states (such as stroke and brain injury), with measurement of autoregulation and 

vascular tone potentially useful for diagnostic, therapeutic, and research purposes [2], [7]–[11]. 

Furthermore, functional brain activation is often reflected by alterations in CBF due to increased 

metabolic activity within regions of interest. Thus, an accurate, portable, and non-invasive device 

capable of monitoring or mapping CBF would aid neuropsychiatric research [12], [13].   

Clinical measurement of CBF has several applications. Reduction in cerebral blood flow 

can induce irreversible brain injury resulting in loss of function, whereas normal or enhanced blood 

flow may enable and promote brain recovery [14]–[17]. For example, infants are susceptible to 

brain damage from reduced CBF during early development phases, potentially resulting in 

cognitive, visual, language, or sensory-motor disabilities [18], [19]. Thus, real-time monitoring of 

cerebral hemodynamics may provide information for physicians to better plan therapeutic and 

preventative interventions. The measurement of cerebral blood flow and metabolism has been 

utilized in the study of acute and chronic cerebral ischemia [20], [21]. Intra-operative 

hemodynamic measurement can aid in proper anesthesia administration and promote positive pre- 
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and post-operative outcomes  [22]. Beyond its use for acute and chronic management, precise 

measurements of CBF have aided in developing stroke models in animals [23]. 

Traditionally, several non-invasive and non-optical methods such as MRI [24] and CT [25] 

and transcranial Doppler have been utilized to image or measure blood flow. CT and MRI are 

excellent radiological imaging techniques that can be used to noninvasively image structural 

features in the body. However, in part due to the size and cost of these imagers, they are not suitable 

for continuous bedside monitoring of CBF. In addition, CT has the added risk of using ionizing 

radiation. Transcranial Doppler [26] provides a better bedside solution to monitor blood flow, 

however it can only measure blood velocity in proximal cerebral arteries (it does not measure 

perfusion), and therefore lacks the capabilities to measure flow in the microvasculature. In 

addition, TCD can only be used via small, limited visualization windows in the head. These 

shortcomings have provided the opportunity to develop advanced optical cerebral hemodynamic 

detection technologies.  

Diffuse Correlation Spectroscopy (DCS) [27] is an excellent near infrared deep tissue 

blood flow measurement technique. DCS utilizes a single point source and detector to quantify 

temporal fluctuations in light intensity to quantitatively estimate blood flow. DCS senses and 

quantifies an index of blood flow (F) in tissue microvasculature from intensity fluctuations in 

coherent laser light that has diffused through tissue. DCS blood flow indices have been validated 

against a variety of gold standard modalities including Doppler ultrasound [28], Computed 

Tomography (CT) [29] and Magnetic Resonance Imaging (MRI) [30]. DCS’s utility has been 

demonstrated for noninvasive deep-tissue blood flow measurements in adult/pediatric brain [27], 

[31]–[33] in muscle [34], [35] and in spinal cord [36]–[38]. Despite these advantages and increased 

recent interest, instrumental/operational complexity and high implementation cost have limited 
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DCS’s wide adoption by the medical community. DCS requires sophisticated circuits to drive its 

detector (single photon counting avalanche photodiodes) and long-coherence length, single 

frequency laser sources, all of which are bulky and expensive. Further, high data sampling 

frequencies and necessity to post-process data with non-linear curve fitting impose significant 

software and hardware burdens, limiting DCS’ wide adoption.  

Laser Speckle Contrast Imaging (LSCI) is a related optical technology to image blood flow 

often from tissues at relatively shallow depths (i.e., 0.5 -1 mm), using simple instrumentation and 

algorithms [39]. In LSCI, temporal intensity (speckle) fluctuations caused by a single dynamic 

scattering events are imaged using a camera and processed to estimate blood flow. The critical 

difference between conventional implementations of DCS and LSCI is that DCS records and 

analyzes fluctuations in light that has diffused through tissue experiencing multiple scattering 

events, whereas LSCI measures and analyzes light that has reflected from the tissue surface, with 

single/few dynamic scattering events. Thus, LSCI is limited in measurement depth due to its 

measurement geometry, and it is also susceptible to errors due to the presence of static scatters. 

Multi-exposure Speckle Imaging (MESI) [21] is an improvement to LSCI, to address some of its 

limitations, and enable quantitative baseline blood flow imaging. MESI is a full-field imaging 

technique where multiple images of the sample are recorded while varying the exposure time of 

the camera. Therefore, MESI enables the measurement of the speckle visibility over multiple time 

scales, thus accounting for the contribution of both static (i.e., skull) and dynamic (i.e., red blood 

cell) scatterers.  

The objective of this dissertation is to develop and validate methods that can dramatically 

reduce the cost and instrumentation burden of optical deep-tissue blood flow monitoring. 

Specifically, this dissertation addresses changes to three facets of conventional DCS 
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instrumentation, with an overall goal of arriving at a design for a cost effective, low power, small 

footprint blood flow monitor.  Realizing such technology requires innovation in three major areas.  

1. Data acquisition:  Conventional DCS instruments require the use of digital photon counters to 

record intensity fluctuations. Existing digital counters are inefficient for recording low DCS 

photon counts, thereby posing a burden to scaling DCS for imaging applications. This dissertation 

introduces a compressed sensing approach using custom hardware counters to alleviate this cost 

and instrumentation limitation.  

2. Light source: Conventional DCS instruments have used expensive and large single frequency 

diode laser modules to illuminate tissue via fiber optic cables. This dissertation realizes the tissue 

illumination without fibers, permitting use of smaller, off-the-shelf, cheaper single mode laser 

diodes. 

3. Light detection: Conventional DCS instruments require the use of high-sensitivity, large, 

expensive single photon counting avalanche photodiode modules. This dissertation realizes light 

collection using small, off-the-shelf, cheap photodiodes, and develops a custom electronic circuit 

to implement MESI-processing schemes for DCS. 

The rest of this dissertation is organized thusly: 

 Chapter 2 introduces the theory of DCS and speckle-based modalities for deep tissue 

blood flow measurement. 

 Chapter 3 reports the development and of a compressed data acquisition system using 

4-bit binary counters to replace traditional DCS photon counters. This compact data 

acquisition system is validated in phantom and in-vivo experiments. 

 Chapter 4 reports the development, validation, and characterization of a novel fiberless 

laser source for deep tissue blood flow measurement with DCS.  
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 Chapter 5 reports the development of a new deep tissue blood flow detection technique, 

integrated Diffuse Speckle Contrast Spectroscopy (iDSCS), which comprises of a 

simple unbiased photodiode to detect temporal speckle intensities, and a custom 

electronic circuit to implement MESI data processing schemes for DCS 

 Chapter 6 concludes the dissertation with discussions on future directions. 
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Chapter 2:  Deep Tissue Blood Flow Detection Technologies 
 

2.1  Flow Measurement with Dynamic Speckle  

When a coherent light source is used to illuminate tissue, the light reflected from the surface 

is the superposition of waves that have travelled multiple distances through the sample. When 

detected (e.g., by a camera), these waves coherently combine to create an interference image called 

a speckle pattern. Interactions of light with moving particles in the tissue (typically red blood cells) 

cause the pathlength of the waves to change, which in turn cause temporal fluctuations in the 

speckle pattern. The time scale of these ‘dynamic speckles’ can be used to infer the speed of 

particles moving in the tissue. This speckle pattern is the basis of numerous wide field imaging 

techniques such as Laser Speckle Contrast Imaging [39], Multi-exposure Speckle Imaging [21], 

Diffuse Speckle Contrast Analysis [40], Speckle Contrast Optical Spectroscopy [41], [42]. Instead 

of a wide field image, if light is sampled with a point detector, the temporal intensity fluctuations 

can be used for light diffusion based spectroscopic technologies to measure blood flow, such as 

Diffuse Correlation Spectroscopy [27], [43]. 

Over the past several decades, multiple imaging and spectroscopy approaches have used  

dynamic speckle to quantify the dynamics of moving particles such as red blood cells [44]–[46]. 

Most of these works have improved or devised instrumentation and mathematical models to 

analyze dynamic speckle fluctuations and estimate a blood flow index (ܨ). These methods 

calculate the decorrelation or variance of the dynamic speckle fluctuations, often over multiple 

time scales. In essence, fast flow in tissue would result in the dynamic speckle fluctuations that 
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decorrelate faster and vice versa for slow flow. Model based fitting of these speckle decorrelations 

yield a blood flow index (ܨ) that is proportional to tissue perfusion (in units of ml/100g tissue/min). 

Figure 2.1 outlines a summary of blood flow measurement using different light-based 

technologies. Typically, a wavelength stabilized laser is used to illuminate the sample. A 

photodetection element – APDs in DCS and cameras in LSCI, MESI, DSCA and SCOS – is 

configured to record temporal speckle intensity fluctuation. The acquired data is then fit to 

mathematical models to calculate a blood flow index (ܨ). In the following sections, I describe the 

instrumentation and theory of DCS and LSCI, to estimate flow.  

2.2  Diffuse Correlation Spectroscopy 

Diffuse Correlation Spectroscopy (DCS) is a noninvasive optical method to measure deep 

tissue blood flow. DCS detects blood flow from temporal intensity fluctuations of diffusely 

scattered light. A typical DCS measurement (Figure 2.2) consists of a wavelength stabilized laser 

source (coherence length >5m) to illuminate the tissue, a single photon counting avalanche 

photodiode to detect the light and hardware for acquiring and processing the photon counts. The 

photons diffuse through tissue and scatter off red blood cells; the motion of red blood cells impart 

 
 

Figure 2.1 Outline of CBF measurement by different optical methods. The DCS technique 
characterizes the correlation of temporal intensity fluctuations whereas speckle-based 
measurement such as LSCI, DSCA and SCOS quantifies spatio-temporal speckle contrast. 
Model based fitting results in blood flow information (BFI) in underlaying tissue 
microvasculature. 
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temporal intensity fluctuations. The photon counting APDs generate an electrical TTL pulse for 

every detected photon. Data acquisition hardware samples the TTL pulses within a defined sample 

time (ݐ௦ ≈ ݏ100݊ −  The samples are stored in a vector for the duration of the .(ݏߤ1

integration time (ݐ௧ ≈ ݏ10݉ −  Data sampled during one integration cycle is considered as .(ݏ1

an individual data frame to compute the intensity autocorrelation function, i.e., multiplying the 

detected photon vector (ݐ)ܫ with its time-shifted copy ݐ)ܫ + ߬) [47]–[49]. Autocorrelation can be 

performed using slow hardware correlators or faster software correlators. With the advancement 

in embedded hardware, software-based correlators are now popular. These are capable of fitting 

and displaying the BFI index [47], [50] in real-time. In prior work, NI DAQ [47], [51] and FPGA 

[50] based systems have been shown capable of extracting fast flow changes in different scenarios. 

 
 

Figure 2.2 (A) Schematic outlining a typical DCS setup. It consists of long coherence laser 
source and photon counting avalanche photodiode module which generates a TTL pulse 
for each detected photon. The pulses are counted by an embedded system board (DAQ, 
FPGA, Microcontroller, etc.). The digital intensity autocorrelation (݃ଶ(߬)) is computed on 
a computer for data fitting and visualization. (B) Representative intensity autocorrelation 
functions measured from forearm of a healthy volunteer. The gray lines represent 73  
݃ଶ (߬) curves and the red line is the average. (C) Temporal trace of the blood flow index 
(F) in diffusion units (ܿ݉ଶ/ݏ) over 1 second. Each point is from the fit of one ݃ଶ (߬) curve 
to the DCS model. 
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 Formally, the light intensity fluctuations in tissue can be modeled by the Correlation 

Diffusion Equation [52],   

 
ቂ∇ ∙ (∇(ݎ)ܦ) − (ݎ)ߤݒ −

ߙ

3
௦ߤݒ

ᇱ ݇
ଶ〈Δݎଶ(߬)〉ቃ ,ݎ)ଵܩ ߬) =  (ݎ)ܵݒ− 

                            (2.1) 

here, ܩଵ(ݎ, ߬) is the unnormalized electric field autocorrelation function, ߤ , ߤ௦
ᇱ  are tissue 

absorption and reduced scattering coefficients  ൫ߤ௦
ᇱ = ௦(1ߤ − ݃)൯, ܦ is photon diffusion 

coefficient of the medium, calculated from the absorption and reduced scattering coefficients ߤ 

and ߤ௦
ᇱ  as ܦ = ߤ)3] + ௦ߤ

ᇱ )]ିଵ, ݇ =  is isotropic (ݎ)ܵ ,is the wavenumber of the source ߣ/ߨ2

source term, ߙ is the fraction of dynamic photon scattering in the medium, and < Δݎଶ(߬) > is the 

mean square displacement of dynamic scattering particle in the tissue geometry (e.g., red blood 

cells). The solution of the correlation diffusion equation (CDE) for homogeneous semi-infinite 

tissue geometry is, 

 
,ݎ)ଵܩ ߬) =

ݒ

ܦߨ4
ቈ
exp(−ݎ(߬)ܭଵ)

1ݎ
−

exp(−ݎ(߬)ܭଶ)

ଶݎ

 
                                (2.2) 

Here, 

 
(߬)ܭ = ඨ

ቀߤ +
ߙ
3

௦ߤ
ᇱ ݇

ଶ〈Δݎଶ(߬)〉ቁ ݒ

ܦ
 

                               (2.3) 

 
ଵݎ = ට݈௧

ଶ +  ଶߩ
                                (2.4) 

ଶݎ  = ඥ[(2ݖ + ݈௧)ଶ +  ଶ]                                 (2.5)ߩ
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݈௧ =

1

ߤ + ௦ߤ
ᇱ
 

                                (2.6) 

 represents the mean square particle 〈(߬) ଶݎ߂〉 .is the decay constant, ߬ is the correlation time (߬)ܭ

displacement in time ߬. For Brownian motion, 

 
〈Δݎଶ(߬)〉 =  ߬ܦ6

                                (2.8) 

  is particle diffusion coefficient. Empirically, dynamics of blood flow in tissue is well-modeledܦ

with Brownian diffusion[52]. The normalized intensity autocorrelation function is represented by 

݃ଶ (߬) as, 

 
݃ଶ(߬) =

ݐ)ܫ(ݐ)ܫ〉 + ߬)〉

ଶ〈(ݐ)ܫ〉
 

                                (2.9) 

The well-known Siegert relation [53], resolves the relationship between the normalized 

electric field autocorrelation function (݃ଵ), and the intensity temporal autocorrelation function 

(݃ଶ) as, 

 ݃ଶ(߬) = 1 +  ଵ(߬)|ଶ                               (2.10)݃|ߚ

here, β is constant depending on the optical setup for the instrumentation. DCS measures ݃ଶ (߬) 

from the recorded intensities using equation 2.9. The measured ݃ଶ(߬) is fit to the model described 

in equation 2.10, recognizing that ݃ଵ(߬) =  .ଵ(߬)is given by equation 2.2ܩ ଵ(0), and thatܩ/(߬)ଵܩ

The blood flow index (F) is extracted from this non-linear curve fit. It is apparent that the blood 
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flow index ܨ = 〈(߬) ଶݎ߂〉 . Experimentally, it has been shown that the Brownian modelܦߙ =

ܦ6   fits better for a wide variety of tissue types [28], [29], [34], [35], [48], [54].  

2.3  Laser Speckle Contrast Imaging (LSCI) 

Laser speckle contrast imaging functions on the same physical basis as DCS, but with 

different imaging geometries, and simpler data processing schemes. As described below, the 

mathematical models describing flow measured with LSCI need to account for the integration of 

detected intensities by the camera. In Chapter 5, I will describe how LSCI processing schemes can 

be used to simplify deep tissue blood flow monitoring with DCS.  

An LSCI instrument consists of three major components, as shown in Figure 2.3 – a long 

coherence length laser source (typically 650-900 nm wavelength), a conventional CMOS/CCD 

camera, and a computing system for analysis. Unlike DCS, LSCI is often used in an imaging 

 
Figure 2.3 Schematic showing the setup for LSCI for cerebral blood flow imaging. A single 
mode laser diode illuminates a sample (exposed rat cortex) while a CCD camera images 
the spatio-temporal varying speckle pattern. The speckle image is processed, and 2-D 
image of cerebral blood flow is computed. Speckle images adapted from [18]. 
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configuration. Here the laser is collimated/slightly divergent to illuminate the entire field of view 

imaged by the camera. Speckle pattern acquired by a CCD camera is recorded on a computer, and 

raw speckle images are analyzed by the methods described below to yield a 2-D blood flow map.  

LSCI calculates the localized variance of the detected intensities as a speckle contrast. The 

speckle contrast is calculated from a spatial/temporal window that is translated across the image(s), 

and is defined as the ratio of standard deviation to the mean of intensities within the window- 

 
ܭ =

ߪ

〈ܫ〉
 

                              (2.11) 

 
Figure 2.4 (left) Raw speckle image showing the temporal blurring of the speckle. In the 
field of view in which the speed of moving particle in the sample is indicated by the extent 
of spatial blurring. (right) Blood flow map of the brain surface obtained by spatial speckle 
contrast analysis of the raw speckle image using a 7 x 7 window. Image adapted from [18]. 
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Here, ܭ is the speckle contrast, ߪ is the standard deviation, and 〈ܫ〉 is the mean of intensities. 

Subscripts ݏ and ܭ) ݐ௦, ௦ߪ ௧  andܭ ,  ௧) are often used to denote spatial or temporal speckleߪ

contrast/standard deviation.  

Table 2.1 Comparison between the DCS and LSCI technology. 
 

Characteristics LSCI DCS 

Theory 
Single dynamic 

scattering 
Light diffusion 

Illumination source 
Long coherence 

laser ( >5m) 
Long coherence laser ( >5m) 

Bedside monitoring No Yes 

Penetration depth ~1 mm ~20 mm 

Non-invasive CBF 

measurement 
No Yes 

Quantitative Yes Yes 

Instrument cost and 

complexity 
Low and easy Relatively Higher and more complex 

Portability Yes Yes 

Temporal resolution 

100 Hz (depends on 

camera exposure 

time) 

20-100 Hz 

 



   14 

A raw speckle image of a rat brain taken through a thinned skull is shown in Figure 2.4. 

The raw image depicts a grainy speckle image with localized motion manifesting as 

spatial/temporal blurring. This represents the averaging of speckle intensities over the camera 

integration time. When local speed is high, the intensity fluctuations are rapid, which when 

averaged over the camera exposure appears as regions of low contrast. When local speed is slow 

(or static), the intensity fluctuations are slow (or constant), which when averaged over the camera 

exposure appears as regions of high contrast. The reconstructed 2-D map of the image is calculated 

using equation 2.11. The darker areas have lower contrast and higher moving particles. More 

quantitatively, the speckle contrast ܭ can be expressed as a function of exposure time ܶ by 

equation 2.12, 

 
(ܶ)ଶܭ =

௦ߪ
ଶ(ܶ)

ଶ〈ܫ〉
=

ߚ2

ܶ
න ቀ1 −

߬

ܶ
ቁ [݃ଵ(ݎ, ߬)]ଶ݀߬

்



 
                              (2.12) 

where ߬ is the decorrelation time, ܶ is the exposure time, and ߚ is the speckle averaging factor 

accounting detector size, speckle size, and polarization. Now the speckle contrast is dependent on 

the form of ݃ଵ(ݎ, ߬). For a single dynamic scattering ݃ଵ (ݎ, ߬) is approximated as, 

 
݃ଵ(߬) = exp ൬−

߬

߬

൰ 
                              (2.13) 

As described earlier, the LSCI technique can use spatial and temporal analysis of the 

variance. Spatial analysis has a higher temporal resolution at the cost of lower spatial resolution. 

in which an image M× N pixels (512× 512 pixels used in [55]) is taken, and a 7× 7-pixel window 

is defined, the spatial processing will blur some high resolution features. A smaller window 

compromises the statistics, while a higher number of pixels in the window cause a reduction in 

spatial resolution. The temporal statistics of speckle contrast can provide a greater spatial 



   15 

resolution in which a single point is sampled over a finite time. Speckle contrast calculation is then 

carried out from the sampled vector. Several drawbacks of traditional LSCI measurement 

techniques are addressed by Parthasarathy et al. [56]. These include the inability of LSCI to 

perform quantitative blood flow measurements, calibration difficulties [55], use of an 

approximation measurement model, inability for non-invasive CBF measurement, and inaccurate 

CBF prediction in the presence of static scatterers.  

A robust multi-exposure speckle imaging technique was developed and validated to obtain 

quantitative baseline flow measurements. The measurement protocol consists of image acquisition 

over multiple exposure times and fitting it to a model developed for extracting flow information 

߬.  

 
,ܶ)ܭ ߬) = ቊߩߚଶ

݁ିଶ௫ − 1 + ݔ2

ଶݔ2
+ 1)ߩߚ4 − (ߩ

݁ି௫ − 1 + ݔ

ଶݔ
+ ݒ +  ௦ቋݒ

     (2.14) 

where, ݔ =
்

ఛ
 , ߩ =

ூ

ூାூೞ 
 is the fraction of dynamically scattered light, ߚ is normalization factor 

accounting for speckle averaging effects, ܶ is the camera exposure time, ߬ is the correlation time 

of the speckles, and  ݒ௦ and ݒ  account for the constant variance for experimental and 

nonergodic light. 

2.4  Diffuse Speckle Contrast Analysis 

The simpler instrumentation of LSCI can be used to obtain deep-tissue blood flow 

measurements, using Diffuse Speckle Contrast Analysis (DSCA). [40] Briefly, DSCA performs 

measurements in a diffuse geometry (as in DCS) but using cameras as a detector rather than single 

photon counting detectors. The speckle intensity fluctuations recorded by the camera are analyzed 

using speckle contrast processing schemes, to yield a speckle visibility curve – the normalized 

speckle variance of the detected intensities (ܭଶ) as a function of camera exposure time. DSCA 
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then relates ܭଶ to the measurement dynamics as in equation 2.12. Here ݃ଵ(߬) is modeled from the 

solution to the correlation diffusion equation (Equation 2.2) rather than the single dynamic 

scattering model in Equation 2.13.  
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Chapter 3:  Lossless Compressed Sensing of Photon Counts for Fast DCS 
 

3.1  Introduction 

Blood flow is a biomarker for tissue health because it correlates with metabolism and 

disease state in different parts of the body [1], [3], [57]–[59]. In recent years, DCS [27], [52], [60], 

[61] has emerged as a popular method for portable, noninvasive, bedside monitoring of deep tissue 

blood flow.  

As described earlier, a typical DCS instrument, (Figure. 3.1) comprises a long coherence 

laser to illuminate the tissue and single photon counting detectors to record light reflected from 

the tissue. Paying more attention to the data processing/analysis scheme, a custom correlator, 

samples TTL pulses generated by the detectors (typically at 1-10 MHz) and computes an intensity 

autocorrelation function that quantifies temporal fluctuations in the light. Recently, we [47] and 

 
Figure 3.1 Schematic outlining the DCS technique. A wavelength stabilized laser is 
configured as an illumination source. Dynamic scatterer in the tissue (i.e., red blood cells) 
causes deviation in individual photon travel path thus result in temporal fluctuations at the 
detector surface. These fluctuations are sensed by a series of APDs and converted to TTL 
pulses. A counter module is configured to sample these TTL pulses. The autocorrelation 
function ݃ଶ(߬) of this sampled vector is fit to a model to calculate the blood flow. 
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others [62]–[64] have demonstrated the use of customized National Instruments (NI) 

counter/timers or FPGAs for data acquisition and software computation of DCS blood flow indices 

at speeds up to 100 Hz. These improvements to the temporal resolution have facilitated vital new 

measurements such as noninvasive quantification of cerebral autoregulation  [65]–[67], critical 

closing/intracranial pressure [68], [69], and brain arteriole compliance [68], [69]. In DCS, single 

mode fibers are used to sample light from one speckle, which prevents speckle averaging at the 

detector and expands the dynamic range of measured intensity autocorrelation functions. However, 

since single-mode detection comes at the expense of signal levels, DCS intensity autocorrelation 

functions measured at a single channel are noisy. To overcome this limitation, typical DCS 

instrument implementations often have more than one detection channel (3-6) at a single 

measurement site (or for a single source-detector separation) to improve the signal-to-noise ratio 

of measured autocorrelation functions and hence blood flow estimates. Expansion of DCS 

measurements to an imaging configuration (e.g., Diffuse Correlation Tomography [70], [71]) 

would multiply the need for multiple detection channels. For example, tomography with eight 

detection positions would require 32-48 detection channels.  

Two significant technical limitations restrict the use of multiple detection channels in DCS. 

Most commercial data acquisition systems limit the number of available counters/timers on a 

single board to 16. More significantly, parallel counting of photons and parallel computation of 

intensity autocorrelation functions from multiple detection channels will be a memory and 

computationally expensive process. These requirements for multiple digital counting elements 

(i.e., counters) increase instrument cost, complexity, and data bandwidth.  

In this chapter, I introduce a new approach – compressed DCS (CDCS) – for fast, 

computationally efficient, multi-channel measurement of DCS intensity autocorrelation functions 



   19 

without using processor embedded counter modules. This approach implements photon counting 

using eight 4-bit Binary Coded Decimal (BCD) counters rather than digital in-processor (32-bit) 

counter modules typically used in DCS data acquisition systems. The CDCS system achieves an 

87.5% data compression without compromising on measurement accuracy or SNR, while 

maintaining low data burden and cost. I present experimental validation of the CDCS approach, 

comparing it with a conventional eight-channel DCS system in tissue-simulating phantoms and in-

vivo experiments on humans. The following sections briefly describe the traditional DCS 

technique and the CDCS approach. 

3.2  Theory and Background 

A schematic of a typical DCS system is shown in Figure 3.1. Light from a long coherence 

length near-infrared laser source illuminates the tissue through an optical fiber. Near-infrared light 

diffuses through tissue and is detected by a single mode optical fiber positioned 1-3 cm away from 

the source and is redirected to Single Photon Counting Avalanche Photodiode modules (APDs), 

that produce a TTL pulse for each detected photon [47]. Due to the high temporal coherence of the 

laser source, changes in the optical pathlength of light diffusing through the tissue (i.e., due to 

scattering off moving particles/red blood cells) impart fluctuations in the intensity recorded at the 

detector, which is then used to compute the digital normalized intensity autocorrelation function. 

Blood flow is estimated by fitting the computed autocorrelation function to a diffusion model 

appropriate for the tissue geometry [52]. Here, I expand on the discussions from earlier (Chapter 

2), to highlight the photon counting scheme.  

Photon counts are detected as a stream of TTL pulses, which are sampled by counter/timer 

modules at a fixed sampling frequency ௦݂ . If we consider the stream of photon counts as ݊(݅), then 

the normalized intensity autocorrelation function, ݃ଶ (߬), is: 
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 ݃ଶ(݊߂ = ߬ ௦݂) =
〈݊(݅)݊(݅ + 〈(݊߂

〈݊(݅)݊(݅)〉
                                 (3.1) 

here, ߬ is the autocorrelation delay time and ݊߂ = ߬ ௦݂ is the integer number of shifts of the photon 

count vector for a given delay time. The angle brackets (〈 〉) indicate averaging of the 

autocorrelation function over a duration denoted by the integration time ݐ௧, which determines the 

overall speed of the measurement. For example, a system with a 10 ms integration time will yield 

a 100 Hz acquisition rate. The size of the individual photon count vector is defined by the 

integration time ݐ௧ and sampling time ݐ௦ . For, ݐ௧ = ௦ݐ and ݏ݉ 10 = 1/ ௦݂ =  , ݏߤ 1

݊(݅) is a 10,000-point vector. The measured intensity autocorrelation function is fit to solution of 

Correlation Diffusion Equation (Equation 2.10 and 2.2) to compute the blood flow index (F). In a 

typical implementation, DCS photon counts are sampled and recorded using in-processor 

 
 

Figure 3.2 Block diagram outlining the compressed DCS photon counting system. The 
outputs from individual single photon counting APDs were routed to the clock pin (CLK) 
of a BCD counter. The output from the 8-BCD counters (i.e., 4-bit output for each BCD 
counter for a total 32-digital lines) was sampled through a 32-bit digital I/O port of a 
multifunction DAQ and recorded on a computer for processing. A timer from DAQ (NI 
PCIe-6353) was configured to reset all BCD counters at a frequency of ௦݂ =  For .ݖܪܯ1
an integration time of ݐ௧ =  .a total of 50,000 sample 32-bit vector was recorded ݏ݉ 50
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Counter/Timer modules (for example, using a National Instruments PCIe/PXIe6612 board with 

eight counter/timers [47]). DCS intensity autocorrelation functions were computed in software 

(LabVIEW), and blood flow indices were estimated offline. 

3.3  Compressed DCS: Multiple Channel Sampling with BCD Array 

Here, I outline the approach for compressed DCS, using custom electronics for memory 

efficient recording of photon counts. Prior implementations of DCS involved using in-processor 

counter/timer modules (typically 32-bit). For example, we [47] and others [72] have used 32-bit 

counters on an NI PCIe/PXIe-6612 board or similar. Recall that DCS detects light using single 

mode fibers with output powers in the order of a few pW; the typical photon count rate in a DCS 

measurement ranges from 10-1000 KHz in one channel. Indeed, most single photon counting 

detectors have a maximum count rate of 2-4 MHz. At a sampling frequency of 1 MHz (ݐ௦ =

 these intensity levels result in counts of either 0, 1 or 2 for each microsecond, i.e., elements ,(ݏߤ 1

of the vector ݊(݅) are either 0, 1 or 2. Using a 32-bit counter for these low-light (low-count) 

applications is highly inefficient. Indeed, only 1/16 or 1/32 of the data capacity of the 32-bit 

register is being used when counts are 0, 1 or 2 and only 2 least-significant bits of the 32-bit counter 

change with each sampling. In other words, a maximum photon count rate of 2 MHz can be 

represented with just two data bits of an incremental counter capable of storing a minimum of 2-

bits. With 32-bit counters, most memory and data communication bandwidth are largely 

underutilized. Note that these inefficiencies worsen for systems/experiments with faster sampling 

rates (e.g. , ௦ݐ =   .(ݏ݊ 100

Practically, CDCS is implemented using widely available low-cost Binary Coded Decimal 

(BCD) chips (e.g., 74LS90). The schematic of one such implementation is shown in Figure. 3.2. 

BCD counters use 4-bits to store decimal values up to 10. The TTL outputs from a single photon 
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counting module are connected to the clock input of the BCD counter, which increments its internal 

register with every TTL pulse (photon). Thus, an array of eight BCD counters can simultaneously 

sample DCS photon counts from eight single photon counting modules, forming a single 32-bit 

integer output (i.e., 4-bit output of 8 BCD counter). The 32-bit integer is recorded via general 

purpose digital input/output lines of a multifunction data acquisition system (National Instruments 

PCIe-6353). The data acquisition process is controlled by two software-controlled counter/timers 

on the data acquisition board. The first, operating at 1MHz, clocks the digital I/O read operation, 

and simultaneously resets the BCD counters. The second controls the integration/averaging time 

of the photon counts. Thus, an integration time of  ݐ௧ =  would yield a 50K point vector ݏ݉ 50

of photon counts. A custom LabVIEW based GUI was used to control the data acquisition process 

and perform bit-wise operations to separate photon counts from individual channels (i.e., 

combination of 4-bits) to compute the DCS intensity autocorrelation functions as described earlier 

[47]. For a single channel, the CDCS system utilizes 4-bits to record photon counts, compared to 

the conventional DCS system which uses 32 bits. This gives the CDCS system a data compression 

efficiency of 87.5%. 

3.4  Experiments and Results 

All experiments were carried out with a custom DCS instrument. Briefly, light from a 

wavelength stabilized laser (Toptica Photonics, iBeam Smart, 785nm, 120mW, coherence length 

>50m) was coupled to a multi-mode fiber and used to illuminate the sample (i.e., tissue phantom 

or human forearm). Reflected light from the sample was collected using single mode fibers placed 

1 cm and 2.5 cm away from the source and redirected to single photon counting Avalanche Photo 

Diode (APDs) modules (Excelitas, SPCM-AQ4C); three detection channels were used at 1 cm 

source-detector separation, while five detector channels were used for the 2.5 cm source detector 
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separation. All fibers were set in place using a custom silicon mold to create an optical probe as 

described earlier [47], [73]. TTL outputs from each single photon counting APD were directed to 

both the BCD counter array (for CDCS software autocorrelation measurements as described in 

section 3.3) and 32-bit counters on an NI-9174/NI-9401 for conventional DCS autocorrelation 

measurement with a software correlator [47], [73] . In both cases, autocorrelation functions 

recorded from the same source-detector separation were averaged. 

3.4.1  Intensity Autocorrelation Functions Measured with Compressed DCS: Validation on a 

Solid Tissue Simulating Phantom 

I first demonstrate the ability of the CDCS system to acquire and compute autocorrelation 

curves from a solid tissue simulating phantom. For this experiment the DCS probe was secured to 

the surface of a solid phantom with an absorption coefficient ߤ = 0.1 ܿ݉ିଵ and reduced 

 
Figure 3.3 DCS intensity autocorrelation curves ݃ଶ (߬) acquired from a solid phantom 
using the compressed DCS system at source-detector separations of 1 cm (red curve) and 
2.5 cm (blue curve). The solid phantom had optical properties of  ߤ = 0.1 ܿ݉ିଵ and ߤ௦

ᇱ =
10 ܿ݉ିଵ at 850 nm. A total of 100 ݃ଶ (߬) curves were averaged for these plots. 
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scattering coefficient ߤ௦
ᇱ = 10 ܿ݉ିଵ at 850 nm (INO Biomimic Phantoms, Quebec, CA). The 

phantom was illuminated with an optical power of 72 mW. The CDCS software correlator was 

configured to a sampling frequency of ௦݂ = ௧ݐ  and an integration time of ,ݖܪܯ 1 =

 resulting an effective acquisition frequency of 10 Hz. Each frame (i.e., photon counts ,ݏ݉ 100

recorded over 100 ms integration time) contained 100,000 vectors of 32-bit data for a single 

detection channel. For each channel an autocorrelation function was calculated with digital shifts 

of 1 to 250 samples, corresponding to delay times (߬) of 1 ݏߤ to 250 ݏߤ. Figure.3.3 shows an 

average of 100 DCS intensity autocorrelation functions measured from a solid phantom at 1 and 

2.5 cm source detector separation (red and blue curves respectively) using the CDCS software 

correlator. The autocorrelation curves do not decay, indicating no dynamic fluctuations (as 

expected with a solid phantom). These results offer the first validation of the CDCS system. 

3.4.2  Intensity Autocorrelation Functions and Flow Indices Measured with Compressed DCS: 

Validation on a Liquid Tissue Simulating Phantom 

Next, I demonstrate the accuracy of flow estimates measured with the CDCS system, by 

comparing it to conventional DCS autocorrelation measurements on a liquid tissue simulating 

phantom. A tissue simulating liquid phantom was prepared from Intralipid (20% emulsion, Sigma-

Aldrich, MO), India ink, and distilled water, to realize a sample with an absorption coefficient 

ߤ = 0.1 ܿ݉ିଵ and reduced scattering coefficient ߤ௦
ᇱ = 10 ܿ݉ିଵ at 785 nm. The DCS probe was 

placed on the surface of the liquid phantom, and DCS intensity autocorrelation functions were 

recorded using both traditional DCS and CDCS at a 10 Hz acquisition rate. Figure 3.4 shows 

representative intensity autocorrelation functions acquired by the CDCS system from the liquid 

phantom at 1 cm (red line) and 2.5 cm (blue line) source detector separations. These curves 

represent an average of 600 ݃ଶ(߬) curves acquired over 1 minute at an acquisition rate of 10 Hz. 
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Here, the decay in the autocorrelation function is caused by fluctuations in the photon intensity 

that manifest dynamic scattering from Brownian motion of fat molecules in the intralipid. The 

decay at 2.5 cm source detector separation is higher than at 1 cm because of increased photon 

travel length at the higher source-detector separation allows for more dynamic scattering to 

influence the intensity fluctuations. 

To further validate the CDCS system, I compared the blood flow indices estimated from 

the CDCS measured intensity autocorrelation function with those estimated using a conventional 

DCS instrument. Using the methods and probes described earlier, intensity autocorrelation 

functions were recorded simultaneously from the liquid phantom using both CDCS and 

conventional DCS instruments. DCS intensity autocorrelation functions measured at 10 Hz from 

source detector separations 1 cm and 2.5 cm were fit to the semi-infinite solution to the correlation 

 
 

Figure 3.4 Intensity autocorrelation function (݃ଶ(߬)) acquired from a tissue simulating 
liquid phantom using the compressed DCS system at 1 cm (red) and 2.5 cm (blue) source 
detector separations. The liquid phantom had optical properties of  ߤ = 0.1 ܿ݉ିଵ and 
௦ߤ

ᇱ = 10 ܿ݉ିଵ at 785 nm. Results shown are an average of 1 min data collected at a data 
acquisition rate of 10 Hz. 
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diffusion equation (Equation. 2.10 and 2.2) to estimate the flow index F. Figure 3.5 shows the 

results of this comparison. Figure 3.5(A) and 3.5(C) show scatter plots of flow indices 

simultaneously measured using the two systems, for source-detector separations of 1 and 2.5 cm 

respectively. Here, flow indices estimated with the CDCS system are in the y-axis, while those 

 
Figure 3.5 Comparison of blood flow indices (BFI) estimated with the compressed and 
conventional DCS systems from a liquid phantom. (A) and (C) show the scatter plot of the 
flow indices estimated by compressed DCS (y-axis) and conventional DCS (x-axis) for 
source detector separations ߩ = 1 ܿ݉ and ߩ = 2.5 ܿ݉ respectively. (B) and (C) show the 
comparative temporal traces of flow index measured with compressed DCS (red curve) 
and conventional DCS (blue curve). Results show good 1:1 correspondence, including 
similar average flow indices (no statistically significant difference, two-sample t-test). 
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estimated with the conventional DCS system are in the x-axis. Figure 3.5 (B) and (D) show the 

respective time courses of these flow indices, with the red curve depicting flow indices measured 

with CDCS and the blue curve depicting flow indices measured with conventional DCS. At 1 cm 

source-detector separation, the CDCS system estimated an average flow index of ܨௌ
ଵ =

(1.047 ± 0.15) × 10ି଼ ܿ݉ଶ/ݏ  , while the conventional DCS system estimated an average flow 

index of ܨ௩ௌ
ଵ = (0.97 ± 0.15) × 10ି଼ ܿ݉ଶ/ݏ . At 2.5 cm of source-detector separation, the 

CDCS system estimated an average flow index of ܨௌ
ଶ.ହ = (0.86 ± 0.22) × 10ି଼ ܿ݉ଶ/ݏ , 

while the conventional DCS system estimated an average flow index of ܨ௩ௌ
ଶ.ହ = (0.79 ±

0.22) × 10ି଼ ܿ݉ଶ/ݏ . The errors represent the standard deviation of flow index estimates over the 

measurement period. A two-sample t-test revealed no statistically significant difference in the flow 

 
Figure 3.6 Noise (A) and Signal-to-Noise Ratio (B) of intensity autocorrelation functions 
measured using compressed DCS (blue) and conventional DCS (red) for representative 
delay time of 20ݏߤ. Measurements were performed on a liquid phantom at source-detector 
separation of 1 cm and detection photon count rate of 100݇ݖܪ. Markers show individual 
data points while the solid lines are fits to the DCS correlation noise model. [70] 
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estimates estimated by the two instruments for both source-detector separations. These results 

validate the accuracy of the flow indices estimated by the CDCS system. 

3.4.3  Signal-to-Noise Ratio of Autocorrelation Functions Measured with Compressed DCS: 

Validation on a Liquid Simulating Phantom 

The final tissue phantom validation experiment concerns the comparison of the signal-to-

noise ratios of intensity autocorrelation functions measured using CDCS and conventional DCS 

systems. Following the well-established DCS correlation noise model [70], I defined ‘noise’ (ߪ(߬) 

as the standard deviation of the measured intensity autocorrelation function ݃ଶ(߬), and SNR as 

(߬)ߞ = (݃ଶ (߬) −  DCS intensity autocorrelation functions were recorded .((߬)ߪ/(1

simultaneously from the liquid phantom (1 cm source-detector separation) using both CDCS and 

conventional DCS systems. Since SNR depends on signal intensity, the light intensity for the 

measurement was fixed such that the detectors recorded an average photon count rate of 100 ݇ݖܪ. 

Autocorrelation functions were acquired at different rates by varying the integration time (ݐ௧) of 

the measurements from 1 ms to 100 ݉ݏ (i.e., acquisition frequency of 1000 ݖܪ to 10 ݖܪ). Figure. 

3.6(A) shows the noise in the measurement of autocorrelation function at 20ݏߤ delay time, i.e., 

 measured with both CDCS (blue) and conventional DCS (red). Figure. 3.6(B) shows ,(ݏߤ 20)ߪ

the corresponding SNR. In both cases, the markers represent measurements from the liquid 

phantom, while the solid lines represent fits of the noise/SNR measurement to the correlation noise 

model [70] . It is readily apparent that the noise model fits well with the measured noise/SNR data. 

Moreover, the noise/SNR of CDCS measurements are comparable to those recorded with 

conventional DCS. This is an important validation step, because it shows that the data compression 

affected by the BCD counters is not at the expense of measurement SNR. Here, 20ݏߤ has been 

selected as a delay time to illustrate the noise performance, because it represents a section of the 
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autocorrelation function that is sensitive to changes in flow (Figure. 3.4). These results are in-line 

with our previous experiments to characterize the SNR of DCS systems [47], [73].  

I further extend the SNR characterization of the CDCS system. In proceeding experiments 

the noise ߪ(߬), SNR ߞ(߬) and ݃ଶ(߬) variation is acquired as a function of integration time ݐ௧ and 

light intensity ܫ. The results are shown in Figure 3.7. The variability of the intensity autocorrelation 

 
Figure 3.7 Experimental measurement of signal-to-noise ratio of DCS intensity 
autocorrelation functions with the compressed DCS. (A) Representative fluctuation of the 
measured autocorrelation function at delay time 20 ݏߤ for integration times 10ms, 50ms 
,100ms and 1s. longer integration time increases the averaging of measurements and 
reduces noise. (B) and (D) Noise in measurement of ݃ଶ(߬) for delay times 20 ݏߤ and 40 ݏߤ 
respectively. (C) and (E) SNR of ݃ଶ(߬) measurements for delay times 20 ݏߤ and 40 ݏߤ 
respectively. The noise and SNR estimates for photon count rates of 30 KHz, 100 KHz and 
300 KHz are marked with blue, red and black markers respectively, while the 
corresponding solid lines are fits to a DCS correlation noise model. [70] 
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function ݃ଶ(߬) is plotted in the Figure 3.7 (A) for an intensity of ܫ =  As the integration .ݖܪ݇ 100

time is increased from 10 ms to 1 s, the ݃ଶ(20 ݏߤ) variability decreases. This is mainly due to 

more signals being averaged over time for a given intensity. Next, I characterized the system noise

 .for three different light intensity levels i.e., 30 KHz 100 KHz and 300 KHz  (߬)ߞ and SNR (߬)ߪ

Figures 3.7(B) and 3.7 (D) show the noise ߪ(߬) and 3.7(C) and 3.7(E) show the SNR for 20 ݏߤ 

and 40 ݏߤ delay times respectively. The data and fits are plotted as dots and solid lines 

respectively, with colors blue for 30 KHz intensity, red for 100 KHz, and black for 300 KHz. 

Increase in light intensity or integration time reduces system noise while boosting the SNR. 

However, increase in integration time would reduce temporal resolution, restricting detection of 

fast flow change features. These experiments provide a guideline for optimal light intensity and 

integration time indices to achieve a target SNR with the CDCS system.  

 
 

Figure 3.8 Schematic of in vivo arm-cuff occlusion experiment to validate compressed 
DCS blood flow measurements. The arm cuff was wrapped around the bicep of a volunteer. 
The optical probe was placed on the forearm and was connected to the light source and 
detectors via optical fibers. The output of the detector (i.e., TTL pulse output) is connected 
in both compressed DCS system (i.e., BCD counter) and conventional DCS software 
correlator (i.e., NI DAQ counters). An automatic tourniquet system was used to inflate the 
arm cuff to 200 mmHg to effect occlusion. 
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3.4.4  Dynamic Blood Flow Measurement in Human Arm with Compressed DCS 

Finally, I demonstrate and validate that the CDCS system can accurately measure blood 

flow changes in vivo. To this end, I measured the blood flow dynamics on a human forearm during 

arm cuff occlusion using CDCS and conventional DCS instruments. In vivo experiments were 

approved by the Institutional Review Board of the University of South Florida (Protocol number 

Pro00039832_CR000002, approved 11/16/2021). Figure. 3.8 shows a schematic of the 

experiment. An optical probe (described earlier) was placed on the forearm of an adult volunteer 

(male, 25 years old), and was connected to the light source and single photon counting detectors 

using fiber optic cables. The output of the detector (i.e., TTL pulses for each detected photon) was 

connected to both the CDCS system (i.e., BCD counters) and a conventional DCS software 

 
Figure 3.9 Pulsatile blood flow measured on a human forearm with compressed DCS. The 
red/blue lines indicate time courses of blood flow indices measured at source detector 
separations of 1 cm/2.5 cm. Both cases can clearly resolve flow changes similar to to the 
QRS peak and the dicrotic notch. 
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correlator (NI-DAQ counters). Data acquisition was realized using custom LABVIEW software 

for both instruments. An arm cuff was wrapped over the subject’s bicep and was connected to an 

automatic pump (A.T.S. 4000, Zimmer, USA). The experiment protocol consisted of a 1-minute 

baseline, a 1-minute occlusion period (arm-cuff inflated to 200 mmHg), and a 1-minute recovery 

period. Laser power was controlled to be within ANSI limits of safe exposure for skin [74].  

 
Figure 3.10 Quantitative changes in forearm blood flow measured during an arm-cuff 
occlusion with compressed (red curve) and conventional (blue curve) DCS systems. The 
time courses of blood flow indices are averaged with a 20-point (2 second) moving average 
window. (A) represents the blood flow changes measured at source-detector separation 
ߩ = 1 cm and (B) represents the blood flow changes measured at source-detector 
separation ߩ = 2.5 ܿ݉. Blood flow changes measured with compressed and conventional 
DCS systems are in good agreement with each other, both records almost 100% reduction 
in blood flow during occlusion, and a strong reperfusion response during the recovery 
period. 
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DCS intensity autocorrelation functions were recorded at 10ݖܪ using both systems, and a 

blood flow index was computed by methods described earlier. Figure. 3.9 shows a representative 

time course of blood flow dynamics measured with the CDCS system under baseline conditions. 

Blood flow measured at both 1cm, and 2.5 cm source detector separation show dynamic blood 

flow changes; the pulsatility of blood flow due to the heartbeat is clearly resolved. In addition, 

some high frequency waveform features similar to the QRS peak and the dicrotic notch are well 

resolved; the dicrotic notch represents a transient increase in blood pressure and blood flow 

following the closure of the aortic valve in the cardiac cycle. I note that the noise in the 

measurements is greater at 2.5 cm source detector separation. This is expected as the measured 

photon count rates are lower for longer source-detector separation. The pulsatile blood flow 

measurements demonstrate that the CDCS system can resolve small flow changes and can be used 

for high-speed blood flow measurements. These results are similar to our prior work on pulsatile 

blood flow detection with conventional DCS systems [47], [73]. 

Figure 3.10 shows the results of the arm-cuff occlusion experiment, for source-detector 

separations of 1 cm (Figure 3.10(A)) and 2.5 cm (Figure 3.10(B)). The time course of the blood 

flow index is displayed during three phases of the experiment – baseline, occlusion, and recovery. 

Time courses of the blood flow index were smoothed with a 20-point (2-second) moving average 

window. The dynamics of blood flow changes are clearly visualized by both CDCS (red curve) 

and conventional DCS (blue curve). During the 1-minute occlusion phase, blood flow reduces by 

almost 100%, which is accurately measured with the CDCS system. Both CDCS and conventional 

DCS systems also track the reperfusion in blood flow in the recovery phase. Notably, the data 

compression does not impact the estimated blood flow indices over a large flow change, showing 

that the CDCS has a dynamic range comparable to conventional DCS instruments. 
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3.5 Discussion 

Here, I have described a new approach to high-speed sampling of DCS photon counts and 

fast software computation of intensity autocorrelation functions using resource- and cost-efficient 

data acquisition units. The key innovation is developing a data compression approach (Section 3.4) 

that identifies and exploits inefficiencies in conventional photon counting for DCS. The lossless 

data compression is 87.5% efficient and can be implemented using simple, low-cost digital 

circuits. I validated the accuracy of blood flow measured with the CDCS system with experiments 

on tissue simulating phantoms (Figure 3.3-3.5). I further characterized and validated the signal-to-

noise ratio of measured DCS intensity autocorrelation functions, by comparing the performance 

of the CDCS system to conventional DCS systems, and by fitting measurement noise to a DCS 

correlation noise model (Figure. 3.6). Finally, I performed in vivo validation of the CDCS system, 

by measuring the blood flow dynamics in a human forearm during arm-cuff occlusion. The 

demonstrations of blood flow pulsatility (Figure 3.9) and measurements of larger blood flow 

changes (Figure 3.10) in vivo highlight the sensitivity and dynamic range of the CDCS system. In 

all cases, the performance of the CDCS system met benchmarks set by conventional DCS 

instruments.  

The current implementation of the CDCS approach, used a generic multi-function data 

acquisition device to read photon-counts off the BCD counters as a stand-alone realization of the 

CDCS instrument. Critically, the data compression (photon counting with an array of BCD 

counters) can be readily implemented in other realizations of fast DCS instruments, such as those 

that use FPGAs [62], [63], FFT-based software correlators[75], [76], or multi-core microcontroller 
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units/MCUs (e.g., Texas Instrument TMS320F28379D, Infineon TC275Dx) that are capable of 

multithreaded operations for real-time sampling of DCS photon counts and computation of blood 

flow indices [77]. Since the data compression occurs at the photon counting stage, I expect our 

approach to be just as effective in any implementation of DCS. 

More generally, the data compression approach presented here can be extended to other 

high-speed photon counting applications, with optimizations to account for the highest expected 

photon count rate. Per optical techniques, typical photon counting APDs have a response time of 

25 ns and a ‘dead-time’ of 50 ns, which translates to a maximum detectable count rate of 10-13 

MHz (i.e., 10-13 counts/ݏߤ) [47] – this is within the capability of the BCD counter. Thus, the 

compressed photon counting approach can be readily adapted to other optical technologies such 

as Fluorescence Correlation Spectroscopy, time-domain NIRS, or fluorescence lifetime 

measurements. 

Finally, I note a few design considerations and limitations of the CDCS approach. The 

current implementation of CDCS used 4-bits of the BCD counter to sample photon counts from 

one channel. Eight such channels form a single 32-bit number recorded via a digital I/O line. 

Scaling this approach to more channels would require the availability of several such digital lines. 

Practical implementations of these lines will be straightforward in FPGAs or dedicated digital I/O 

boards but will also require careful bit-wise operations to parse the data accurately, and sufficient 

data throughput to transfer the counts. The bandwidth required for transferring 32-bit integers (i.e., 

8 channels) every ݏߤ over 1 second is ~3.8 MB/s. Note that the bandwidth requirements for 

conventional DCS systems in these cases would be 16 times greater. Furthermore, depending on 

the expected photon count rate, the bits per channel can be reduced to 2, which will help alleviate 

this limitation. Compared to a standard DAQ counter based acquisition system the CDCS system 
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may experience some count loss (<2% at 1 MHz sampling frequency) due to the overlapping of 

TTL pulses with reset duration. However, our experimental results show that this data loss does 

not affect the calculation of autocorrelation functions or blood flow estimates. 
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Chapter 4:  Fast Diffuse Correlation Spectroscopy with a Low-cost, Fiber-less Embedded 
 

 Diode Laser 
 

4.1  Introduction 

Conventional implementations of Diffuse Correlation Spectroscopy (DCS) use light from 

lasers with long coherence length to illuminate tissue through long fiber optic cables. Fiber optic 

cables also collect and direct diffusely reflected light, a few centimeters away from the illumination 

position on the tissue surface, to photon-counting avalanche photodiode modules for detection. 

The use of these lasers and detection systems results in a relatively expensive and bulky instrument, 

especially when compared to more commercial and ubiquitous optical sensors based on NIRS. I 

and others have recently made several technical improvements to the detection and processing of 

DCS photon counts that have resulted in simpler and faster instruments. These include fast 

software autocorrelators[36], [37] and fast field programmable gate arrays/microcontrollers[47], 

[50] for measuring pulsatile blood flow, as well as new detection systems based on CCD cameras 

[40], [64], [78], multipixel SPAD arrays [79] and single photo diodes [42], [80]. However, the 

need to use heavy/bulky laser systems limit the portability of DCS instruments. Here, I report the 

development of a portable and fiber-less approach that can be used as a low-cost alternative to 

illuminate tissue in DCS instruments. 

1This chapter has been adapted from, A. Biswas, S. Moka, A. Muller, and A. B. Parthasarathy, 
“Fast diffuse correlation spectroscopy with a low-cost, fiber-less embedded diode laser,” 
Biomed. Opt. Express, BOE, vol. 12, no. 11, pp. 6686–6700, Nov. 2021, doi: 10.1364/BOE. 
435136. Permission is included in Appendix A. 
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 Recently, several studies have implemented illumination systems for DCS with relatively 

low coherence length laser diode (<1m) to detect deep tissue blood flow [78], [81]. In these 

experiments, a low-coherence length laser source was coupled directly on top of the skin without 

the help of a collimation lens. While these experiments exemplified the use of bare laser diode to 

probe for deep tissue blood flow, they present several key technical challenges such as temperature 

management and beam divergence. These problems are addressed by the work presented in this 

chapter and a standard design method is presented for the wide adoption of low-coherence length 

laser sources for deep tissue flow measurements.     

As described earlier DCS blood flow estimates are derived from diffusion-based analysis 

of the autocorrelation of coherent fluctuations in light intensity backscattered from the tissue 

surface [3], [82]. Thus, the phase coherence of the scattered field is an essential factor in the design 

of DCS instruments/light sources [3], [60], [83]. Diffusion theory and Monte Carlo simulations of 

light transport [84] have shown that the minimum coherence length for DCS light sources must be 

greater than the pathlength distribution of the photon travel in tissue – estimated to be five to ten 

times the source-detector separation  [43], [83] (e.g., 100 mm for a source-detector separation of 

10 mm). Nevertheless, since DCS instruments typically utilize long fiber optic cables, laser sources 

with significantly longer coherence lengths (~50 m) need to be used, in order to compensate for 

the additional length of photon travel through the fiber [3], [36]. Given that the coherence 

requirement is significantly lower than the laser sources traditionally used for DCS measurements, 

a light source with a relatively low coherence length could help simplify the instrumentation, 

enable wearable designs, and reduce system costs and power consumption. Here, I have designed 

one such small-form factor laser system, fiberless DCS (FBDCS), using a single mode laser diode 

(coherence length ~3.72 m) with a collimating lens to couple the light directly to the tissue surface, 
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eliminating the need for coherence length overhead introduced by long fiber optic cables. In tissue 

simulating phantoms and in-vivo experiments, I show that the FBDCS light source compares 

favorably with fiber-coupled wavelength stabilized laser sources traditionally used in DCS, 

regarding the accuracy and fidelity of estimated blood flow indices, but also in terms of the signal-

to-noise ratio of measured intensity autocorrelation functions.  

4.2  Instrumentation 

4.2.1  Coherence Length Considerations for DCS Light Source 

Since blood flow contrast in DCS arises from temporal fluctuations in the intensity of the 

backscattered speckle interference pattern, the coherence length of the laser source ( ݈) is an 

important design consideration. For photon correlation measurements based on quasi-elastic light 

scattering, the dynamics of intensity fluctuations is a function of flow (dynamic scattering) when 

݈ is greater than the maximum photon travel distance inside the tissue sample [43], [53]. In DCS, 

the detected speckle pattern is from the coherent addition of an ensemble of light pathlengths. 

Therefore, the coherence length of DCS light sources should be sufficiently long to account for 

the spread of light path lengths from the source to the detector in tissue and be greater than the 

maximum distance the photon travels inside the tissue [43], [83]. While the exact probability 

 
 

Figure 4.1 Fiber-less laser diode source for DCS. (A) Schematic of the Fiber-less laser 
source (FBDCS) with an optical assembly consisting of a laser diode (L785P090), a 
collimating lens enclosed within a custom 3D printed enclosure. (B) A prototype showing 
the FBDCS source with collimation assembly. 
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distribution of light pathlengths can be estimated for different tissue geometries using analytical 

[82] or computational methods [85], [86], a simpler alternative is to utilize the differential 

pathlength factor (DPF), which when multiplied by the source detector separation (ߩ) yields the 

average distance traveled by the photon inside tissue [85], [87], [88]. Delpy et al. [87], measured 

the DPF to be 5.3±0.3 for rat brain at 783 nm and ~6 for the human brain at 744 nm; DPFs are 

typically larger for longer wavelengths [87]. Note that most DCS instruments use lasers at a 

wavelength of 785 nm. Furthermore, the DPF is independent of source-detector separation for 

ρ>2.5 cm [87]. Accounting for the variation of DPF with wavelength and tissue optical properties, 

I conservatively suggest that the coherence length of DCS light sources be at least 10~15 times 

that of the source detector separation. Most practical DCS systems utilize source-detector 

separations up to 3.5 cm. Thus, the minimum coherence length of a DCS light source should be 

35~50 cm.   

4.2.2  Fiber-less Laser Diode Source for DCS (FBDCS) 

Considering the coherence requirements of a DCS source, the approach was to build a 

custom FBDCS using a single mode diode laser. Figure 4.1(A) shows a schematic of the FBDCS 

source. Light from a single mode laser diode (L785P090, Thorlabs, NJ, 785 nm, 90 mW, 5.6 mm 

TO can package) is collimated with an aspheric lens (355230-B, Thorlabs, NJ; 4.51 mm focal 

length, 0.55 NA) to yield a 1.5mm laser beam for use as an illumination source. The laser and lens 

are aligned and packaged in a custom 3-D printed ABS enclosure (Proto Labs, Inc., USA). The 

diode was driven by current from a standard laser diode controller (LDC205C, Thorlabs, NJ). At 

typical operating currents (120 mA) I measured the system's output power to be 65 mW (72% 

collimation efficiency). enclosure provides electrical and thermal isolation between the diode and 

tissue. Our prototype's  Figure 4.1(B) shows a realized prototype of the FBDCS source, with the 
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laser diode connected to the current controller using a standard ESD protected strain relief cable 

(SR9C-DB9, Thorlabs, Newton, NJ).  

The laser diode was typically operated near its rated operating current (120 mA) without 

an optical isolator. Therefore, unpredictable laser mode hops can occur due to feedback at optical 

interfaces during measurements. However, as the DCS measurements below validate, the laser 

coherence length during the relatively short DCS correlation interval of relevance (typically < 1 

ms) is likely to be more than ~1 m. To verify the coherence properties of the laser, I measured the 

optical linewidth of the laser diode, in its intended mode of operation, with a scanning Fabry-Perot 

interferometer (Thorlabs, SA30-73, 1.5GHz FSR), utilizing 10ms sweeps of the full spectral range. 

The spectrum was fit to the Lorentzian model [89],  to measure a frequency bandwidth of 12.8 

MHz (full width half maximum, FWHM), and a spectral bandwidth of  ߣ߂ = 2.61 × 10ିଵସ  nm. 

The coherence length was then calculated as ݈ =
ఒమ

ଶ∗గ∗௱ఒ
= 3.72 ݉, here ߣ  is the central 

wavelength and Δλ is the optical bandwidth. Thus, the selected single mode diode satisfies the 

coherence requirements for DCS experiments (>50 cm). To further validate that the laser diode is 

 
Figure 4.2 Plot showing DCS intensity autocorrelation curves (݃ଶ(߬)) acquired from a 
solid phantom using the FBDCS source at three source-detector separations. The solid 
phantom had optical properties of  ߤ = 0.154 ܿ݉ିଵ, ௦ߤ

ᇱ = 4.4ܿ݉ିଵat 830 nm. Results 
shown are an average of 10 min data collected at a frequency of 5 Hz. A total of 3000 
݃ଶ(߬) frame average is plotted (each frame duration 200 ms). 
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sufficiently coherent within the timescale of our intended DCS experiments, I measured DCS 

intensity autocorrelation curves from a solid phantom (750019, ISS Inc.,  ߤ = 0.154 ܿ݉ିଵ, ௦ߤ
ᇱ =

4.4ܿ݉ିଵat 830 nm). Light traveling through the solid phantom would experience no dynamic 

scattering events - thus any decay of the intensity autocorrelation function would be an effect of 

loss in phase coherence of the source or noise. Figure 4.2 shows the average intensity 

autocorrelation curves collected from a solid phantom; data were collected at 5Hz for 10 min, 

photon intensity at source-detector separations of 1 cm, 2.5 cm and 3.5 cm were ~500 KHz, ~100 

KHz and ~10 KHz respectively. Autocorrelation curves at each SD separation do not decay 

throughout the DCS experiment (0.1 ms). Laser coherence length measurements and experiments 

on the solid phantom directly and indirectly validate that the selected single mode diode satisfies 

the coherence requirements for DCS experiments. 

4.2.3  Optical Probe and Diffuse Correlation Spectroscopy Instrument for Validation 

Experiments 

I designed and realized a custom optical probe and DCS instrument to validate the 

performance of the FBDCS source against a traditional fiber coupled DCS source. Figure 4.3(A) 

 
 

Figure 4.3 Custom optical probe used in validation experiments. (A) Schematic of the 
validation probe consisting of the fiber-less DCS source (red circle) and traditional 
wavelength stabilized fiber coupled DCS source (red square) at equal distances from three 
DCS detector fibers (black squares) placed 1 cm, 2.5 cm, and 3.5 cm away. (B) A prototype 
of the experimental validation probe incorporating the laser source and detector fibers. 
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depicts the schematic of the validation probe with two sources:  the red circle denoting the position 

of the FBDCS source and the red square denoting the position of a multi-mode fiber (GIF625, 

Fiberoptic Systems Inc, USA). The multi-mode fiber was connected to a traditional fiber coupled 

wavelength stabilized source (WSS) (Toptica Photonics, iBeam Smart, 785nm, 120mW, ݈ >

50 ݉). The probe was configured with three source detector (SD) separations, diagonal distances 

of 1 cm, 2.5 cm, and 3.5 cm from both sources. At each detector position (denoted by black 

squares), one or more collocated single mode fibers coupled light to a standard DCS detector 

(Avalanche photo diode modules, SPCM-AQ4C, Excelitas). Both source and detection fibers were 

affixed to a prism at the proximal end for ease of light-tissue coupling.  DCS autocorrelation 

functions were computed from all detectors simultaneously using a custom software correlator 

[36]. Autocorrelation functions derived from the same source-detector position were averaged. 

Experiments were performed by sequentially illuminating the tissue with the two sources. 

Figure 4.3(B) depicts a realized prototype of the validation probe manufactured by methods 

described elsewhere [29]. Briefly, prism coupled single (for detectors) and multi-mode (for WSS 

source) fibers along with the FBDCS source were placed per the schematic in a custom 3D printed 

Table 4.1 Flow indices measured from liquid phantom using both fiber-less (FBDCS) 
and wavelength stabilized sources (WSS). 

 

Source-detector 
separation 

Flow index ܨ (ܿ݉ଶ/ݏ  ) 

FBDCS WSS 

1 cm (0.89±0.04)×10^(-8) (0.89±0.04)×10^(-8) 

2.5 cm (0.84±0.13)×10^(-8) (0.87±0.18)×10^(-8) 

3.5 cm (0.75±0.19)×10^(-8) (0.84±0.19)×10^(-8) 
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mold (RenShape SL 7820, Proto Labs, Inc., USA). A two-part silicone elastomer (VytaFlex, 

Smooth-On, USA) was mixed with carbon black (JAC-JPX1640, Jacquard, USA) and poured into 

the mold and cured for 12 hours to realize the validation probe.  

4.3  Experiments and Results 

4.3.1  Blood Flow Index (BFI) Estimated Using the FBDCS Source Is Comparable to a 

Wavelength Stabilized Laser in a Tissue Simulating Phantom 

I first demonstrate that the FBDCS source can measure DCS intensity autocorrelation 

functions at multiple source-detector separations and validate the blood flow indices (BFI) 

estimated using the FBDCS as the light source by comparison to traditional DCS sources. The 

 
 

Figure 4.4 Representative DCS intensity autocorrelation functions recorded using the 
fiber-less laser diode source (FBDCS) from a tissue simulating liquid phantom at source 
detector separations of 1 cm (blue curve), 2.5 cm (red curve) and 3.5 cm (green curve). 
Autocorrelation curves were recorded at 10 Hz. Each curve is an average of 50 temporal 
frames with each frame consists of photon collection over 100 ms. 
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optical probe (Figure 4.3) measured intensity autocorrelation functions from a tissue simulating 

liquid phantom. The liquid phantom was prepared from Intralipid (20% emulsion, Sigma-Aldrich, 

MO), India ink and distilled water, to realize a sample with an absorption coefficient ߤ =

Figure 4.5 Comparison of flow measured from tissue simulating phantom using the fiber-
less (FBDCS) and wavelength stabilized (WSS) laser sources. Time courses of flow indices 
measured at source detection separations 1 cm, 2.5 cm and 3.5 cm are shown in (B), (D) 
and (F) respectively. Panels (A), (C), and (E) show scatter plots comparing the flow 
measured with one source against the other. The scatter plots highlight that the mean flow 
measured with the two sources are in good agreement, with symmetrical spreads in flow 
estimates along both dimensions. 
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0.1 ܿ݉ିଵ and reduced scattering coefficient ߤ௦
ᇱ = 10 ܿ݉ିଵ at 785 nm. DCS intensity 

autocorrelation functions were recorded from both sources (FBDCS and WSS) asynchronously for 

120 seconds each, at an acquisition frequency of 10 Hz. A blood flow index (F) was computed by 

 
Figure 4.6 Experimental measurement of signal-to-noise ratio of DCS intensity 
autocorrelation functions with the fiber-less DCS (FBDCS) source. (A) Representative 
fluctuation of the measured autocorrelation function at delay time 20 ݏߤ for integration 
times 1ms, 10ms, 50ms and 100ms. Longer integration time increases the averaging of 
measurements and reduces noise. (B) and (D) Noise in measurement of ݃ଶ(߬) for delay 
times 20 ݏߤ and 40 ݏߤ respectively. (C) and (E) SNR of ݃ଶ(߬) measurements for delay 
times 20 ݏߤ and 40 ݏߤ respectively. The noise and SNR estimates for photon count rates 
of 30 KHz, 100 KHz and 300 KHz are marked with blue, red and black markers 
respectively, while the corresponding solid lines are fits to a DCS correlation noise model. 
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fitting the measured intensity autocorrelation functions to the solution of CDE in Equation 2.2. 

The measurements were performed at room temperature.  

Figure 4.4 displays representative DCS intensity autocorrelation functions measured from 

the liquid phantom at three source-detector separations, ߩ = 1 ܿ݉ (blue curve), 2.5 cm (red curve), 

and 3.5 cm (green curve). These curves are a 50-frame average of intensity autocorrelation 

functions measured at 10 Hz. Each frame consists of the photon collection for 100 ms at a sampling 

frequency of 1MHz. The average photon intensity was 490 KHz, 43 KHz, and 4 KHz at each 

source-detector separation, respectively. An exponential decay of the intensity autocorrelation 

function is observed, typical of Brownian motion of fat particles in the intralipid. Notably, these 

curves were comparable to those measured with the WSS.  

Figure 4.5 displays each source's estimated blood flow indices from the liquid phantom. 

Figures 4.5(B), 4.5(D) and 4.5(F) show the time courses of the flow index throughout the 

experiment at source detector separations of ߩ = 1 ܿ݉, 2.5 ܿ݉ and 3.5 ܿ݉ respectively. In each 

plot, the flow index measured by the FBDCS source is indicated by the red curve, while those 

measured with the WSS source are in blue. The curves have been smoothed with a 20-frame 

moving average filter. At all three source-detector separations, the flow indices measured by the 

FBDCS compare favorably with those measured with the WSS, highlighting that a fiber-less diode 

laser source can accurately and quantitatively estimate blood flow. A more quantitative 

comparison of the respective blood flow indices is depicted in the scatter plots in Figures 4.5(A), 

4.5(C) and 4.5(E). Here, the blood flow index measured with the FBDCS source is plotted along 

the x-axis, while those measured with the WSS source are along the y-axis. The distribution of 

flow indices are symmetric about the mean (indicated by the dashed red lines) in both directions, 
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indicating good one-to-one agreement between the sources. Table 4.1 summarizes the mean and 

standard deviation of flow indices estimated from the liquid phantom using both FBDCS and 

wavelength stabilized sources (WSS). A two-sided two-sample t-test (MATLAB, Mathworks, 

USA) revealed no statistically significant difference in the mean flow measured by the two sources 

) > 0.05) for 1 and 2.5 cm source detector separation. Statistical testing was unreliable for 

measurements at 3.5 cm due to the higher incidence of noise. The measurements are noisier at 

longer source-detector separations (both sources) because of decreased measured photon intensity. 

4.3.2  SNR of Intensity Autocorrelation Function Measurements Are Comparable Between 

FBDCS and WSS. 

Our second validation experiment concerns the signal-to-noise ratio of intensity 

autocorrelation functions measured using the FBDCS. The DCS correlation noise model offers a 

framework to evaluate the SNR of the measured intensity autocorrelation function as a function of 

measurement integration time (or measurement speed) and measured photon intensity [70]. 

Accordingly, I define noise (ߪ(߬)) as the standard deviation of the intensity autocorrelation 

 
 
Figure 4.7 Comparison of noise (A) and signal-to-noise ratio (B) of DCS intensity 
autocorrelation functions measured using the fiber-less source (FBDCS, red markers) and 
the wavelength stabilized source (WSS, blue markers). Solid lines are fits to a DCS 
correlation noise model [70]. 
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function ݃ଶ(߬) and ܴܵܰ(ߞ(߬)) as ߞ(߬) = ((݃ଶ (߬) − 1)) ⁄  DCS intensity autocorrelation . (߬)ߪ

functions were recorded from the tissue simulating liquid phantom with the FBDCS source, at 

source detector separation of 1 cm. In separate measurements, the optical power of the laser was 

varied to effect a measured photon count rate of 30KHz, 100KHz and 300KHz. At each power 

level, intensity autocorrelation functions were recorded at different integration times ranging from 

1ms to 100ms. Figure 4.6 shows the noise and SNR of the measurements for 20 μs and 40 μs delay 

times. Figure 4.6(A) shows the representative decrease in variability of  ݃ଶ (߬) with increasing 

integration time at delay time of 20μs. Figures 4.6(B) and 4.6(C) show the noise and SNR of the 

݃ଶ(߬) measurements at ߬ =  respectively; Figures 4.6(D) and 4.6(E) show the corresponding ݏߤ20

curves for ߬ =  In each panel, measurements at 30KHz, 100KHz and 300KHz are indicated .ݏߤ40

 
 

Figure 4.8 Schematic illustrating the in-vivo cuff-occlusion experiment. The validation 
probe (Figure 4.3) was placed on the forearm of a volunteer, with the detectors centered 
on the radial artery and two sources illuminating the artery from either side. The distal end 
of the validation probe was connected to a standard DCS instrument. An arm cuff 
(connected to a tourniquet system) was wrapped around the bicep to effect transient cuff-
ischemia. 
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by blue, red and black markers, while the solid blue, red and black lines are fits to a DCS 

correlation noise model [90, p. 2020]. As expected, the noise of correlation measurements 

decreases (and SNR increases) with an increase in integration time and photon count rate. At 

30KHz photon count rates, an SNR of 1 is achieved at integration times of 20 ms for ߪ =  ݏߤ 20

and 40 ms for σ=40 μs. These results are similar to those obtained with standard DCS instruments 

[36], [90]. 

Figure 4.7 compares the noise and SNR of ݃ଶ(߬) measurements obtained with FBDCS and 

WSS sources. Noise and SNR were estimated from sequential measurements of ݃ଶ(߬) with the 

FBDCS and WSS source, with source optical powers varied to effect a 100 KHz photon count rate 

at the detector (source-detector separation of 1 cm). Figure 4.7(A) and 4.7(B) display a plot of 

noise and SNR of ݃ଶ(߬) at ߬ =  data from the FBDCS/WSS source is indicated with red/blue ;ݏߤ20

markers respectively, while the solid lines represent fits to a DCS correlation noise model. The 

noise and SNR measured with the two sources are remarkably similar, with the FBDCS source 

showing marginally higher noise at lower integration times. 

4.3.3  Blood Flow Dynamics Measured In-vivo with FBDCS Are Comparable to Those 

Measured with WSS. 

Finally, I characterized the ability of the FBDCS to measure blood flow dynamics in-vivo 

and validated it by comparison with a wavelength stabilized source (WSS). I measured deep tissue 

changes in blood flow in the arm of a healthy volunteer during an arm-cuff occlusion study. The 

Institutional Review Board approved all experimental protocols at the University of South Florida. 

Figure 4.8 shows the experiment setup. Briefly, the validation probe (Figure 4.3) was placed on 

the forearm of a healthy volunteer. A blood pressure cuff, connected to a tourniquet system (A.T.S. 

4000, Zimmer, USA), was placed around the bicep and used to produce transient cuff ischemia. 
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The validation probe was connected to a standard DCS instrument as described earlier. The cuff-

occlusion protocol consisted of a 2-minute baseline, followed by a 1-minute cuff ischemia where 

the blood pressure cuff was inflated to 200mmHg, and a 2-minute post occlusion recovery. The 

protocol was repeated twice, with tissue illuminated by FBDCS in the first trial and the Wavelength 

Stabilized Source (WSS) in the second. A 10-minute resting period between trials was observed 

to restore the arm blood flow to baseline. DCS intensity autocorrelation functions were recorded 

at 10Hz and fit to Equation 3 to derive blood flow estimates. The source power of both the lasers 

(FBDCS and WSS) were adjusted to illuminate the tissue with 50mW optical power; this yielded 

an average photon count rate of 700, 45 and 6 KHz at 1, 2.5 and 3.5 cm source-detector separations 

respectively. 

 
Figure 4.9 Representative time courses of pulsatile blood flow (baseline) measured on a 
subject’s forearm using the fiber-less DCS source. Flow data was acquired at 10 Hz. A 
clear flow response to the QRS peak (ECG) was observed at both the 1 cm (blue) and 2.5 
cm (red) source-detector separations. 

 



   52 

Figure 4.9 shows a representative 20 second time course of forearm blood flow measured 

at baseline using the fiber-less source. Blood flow pulsatility is observed in measurements at both 

 
 

Figure 4.10 Blood flow dynamics due to in-vivo arm cuff occlusion. Panels (A), (C) and 
(E) show the time courses of blood flow measured source-detector separation of 1 cm, 2.5 
cm, and 3.5 cm; panels (B), (D) and (F) show the corresponding relative blood flow 
changes. In all panels, red lines indicate measurements with the fiber-less DCS source, 
blue lines indicate measurements with the wavelength stabilized source and vertical black 
lines indicate occlusion period. The flow indices at SD separation 3.5 cm are noisy due to 
low photon count rates (both sources). Minor deviations in the flow measured by the two 
sources can be attributed to the positional difference of the sources relative to the radial 
artery and asynchronous acquisition. 
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cm (blue curves) and 2.5 cm (red curves), and a flow response to the QRS peak along with the 

dicrotic notch is clearly resolved. These results are similar to previous pulsatile arm blood flow 

[36], [91] measured with traditional fast DCS instruments and highlight the FBDCS source's 

sensitivity to dynamic blood flow changes in-vivo. Figure 4.10 shows the blood flow dynamics 

measured due to the cuff-occlusion experiment. Here, the blood flow time courses have been 

smoothed with a 20-frame moving average filter. Figures 4.10 (A), (C) and (E) show the measured 

blood flow at 1, 2.5 and 3.5 cm source-detector separations, while Figures 4.10 (B), (D) and (F) 

show the respective relative blood flow changes. In all panels, blood flow measured with the 

FBDCS source is depicted in red, while those measured with the WSS source are in blue. Two 

black vertical lines denote the occlusion period. Flow measurements realized by the FBDCS source 

accurately track a nearly 100% reduction in blood flow due to cuff-occlusion and a transient 

hyperemic response. These results are similar to those obtained in related studies, as well as the 

comparison flow changes measured with the WSS source on the validation probe. Minor 

deviations may be explained by the two sources sampling slightly different tissue volumes. Note 

that the cuff-occlusion and hyperemic response is resolved at the 3.5 cm source-detector separation 

despite the significant noise presence. 

4.4  Discussion 

Traditionally, DCS instruments have used laser sources with very high coherence lengths 

to compensate for light traveling through multiple path lengths in long fiber optic cables. While 

these wavelength stabilized laser diode modules are relatively easy to use (often fiber-coupled and 

‘turnkey’), they can be bulky and expensive. Recently, a few studies have utilized fiber-less 

designs for DCS blood flow measurements, albeit using traditional long coherence length lasers. 

For example, Lin et al. reported the development of a dual-wavelength non-contact DCS flow-
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oximeter system  [92], where the laser source was collimated and projected to the tissue surface 

via a scanning mechanism. In this contribution, I have demonstrated that DCS blood flow 

measurements can be reliably and accurately performed with a low coherence length (less than 5 

m), off-the-shelf, single mode diode laser. To our knowledge, this is the first time such lasers have 

been rigorously tested and validated for DCS blood flow measurements.  

By direct comparisons to fiber-coupled long coherence length wavelength stabilized lasers, I show 

that the fiber-less source (a) is accurate in estimating DCS blood flow indices, (b) measures DCS 

intensity autocorrelation functions at signal-to-noise ratios comparable to wavelength stabilized 

sources, and (c) can measure dynamic changes in blood flow in humans. The performance of the 

two sources is nearly identical for source-detector separations of 1 and 2.5 cm, but deviate slightly 

at 3.5 cm. This is primarily due to the significantly reduced photon intensity and subsequent 

increase in noise. When corrected for signal intensity, the signal-to-noise ratio of both sources are 

identical.  

I note a few important design considerations for the fiber-less source. Our approach directly 

couples light into tissue via a collimation lens placed in front of the laser diode. Using a collimation 

lens is critical because the natural divergence of laser diodes (LDs) is typically too high to yield a 

measurable signal at the detector. The width of the collimated beam may result in extended-, rather 

than point-source illumination, leading to speckle averaging at the detector and reduced β. 

Therefore, narrow beam diameters are preferable provided the laser irradiation is within ANSI 

limits [70]. When operated at operating powers of ~100 mW, the heat generated in the laser diodes 

may cause thermal tissue damage. Therefore, continuous real-time flow monitoring with these 

sources would require efficient thermal isolation between the laser diode and tissue surface. The 
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designed collimation setup efficiently provides thermal and electrical isolation – care should be 

observed to use appropriate materials to fabricate these components.   

There are several advantages to using a fiber-less diode source for DCS blood flow 

measurements. First, it dramatically simplifies instrument design and can reduce the cost of DCS 

sources by as much as 100-fold. Indeed, our approach brings DCS sources to the cost and 

accessibility of commercial Near Infrared Spectroscopy devices. Second, since the source design 

significantly reduces coherence requirements, it can be readily adapted to perform DCS blood flow 

measurements at longer wavelengths (e.g., 1064 nm [93]), where wavelength stabilized sources 

may be cost- and technologically restrictive. Third, the cost and size advantages of the fiber-less 

source make it an attractive alternative for large scale Diffuse Correlation Tomography 

experiments to image blood flow in tissue. Furthermore, the fiber-less source can readily 

incorporate newer speckle contrast-based detection technologies to effect portable/wearable deep 

tissue blood flow monitors. 
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Chapter 5:  Integrated Diffuse Speckle Contrast Spectroscopy (iDSCS)– A Novel Deep  
 

Tissue Blood Flow Detection Technique 
 

5.1  Introduction 

Diffuse Correlation Spectroscopy (DCS) has been at the forefront of quantitative bedside 

measurement of deep tissue blood flow for many clinical applications. As described earlier, DCS 

measures blood flow from temporal fluctuations of diffuse photon intensities detected from the 

tissue surface. These temporal fluctuations are used to calculate the autocorrelation function of 

intensities, which yields a Blood Flow Index (ܨ) when fit to a diffusion model. Traditional DCS 

instruments use single photon counting modules to detect photons that have diffused through the 

tissue. While this approach is robust, use of single photon counting detectors requires bulky power 

supplies and long fiber optic cables, making it ill-suited for use as a wearable device.  

In Chapter 2, I described Laser Speckle Contrast Imaging (LSCI), an optical imaging 

technique for imaging superficial blood flow from spatio-temporal speckle intensity fluctuations 

recorded with a camera.  Notably, LSCI instrumentation is simple – it only requires a camera and 

a single mode diode laser. However, it has limited depth sensitivity, and theoretical LSCI models 

are restricted to single dynamic scattering measurement geometries. Recently, a few groups have 

leveraged the simplicity of LSCI instrumentation to measure deep tissue blood flow, using 

diffusion based multiple dynamic scattering models. Two such implementations are Diffuse 

2This chapter has been adapted from, A. Biswas and A. B. Parthasarathy, “Fast, compact 
measurement of deep tissue blood flow with integrated diffuse correlation spectroscopy,” in 
Biomedical Applications of Light Scattering X, San Francisco, United States, Feb. 2020, p. 32. 
doi: 10.1117/12.2546581. Permission is included in Appendix A. 
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Speckle Contrast Analysis (DSCA)[40], [80] and Speckle Contrast Optical Spectroscopy 

(SCOS)[41]. DSCA and SCOS utilize detection systems that are simpler and smaller than 

traditional DCS. However, these techniques still rely on Single Photon Counting Avalanche 

Photodiode Arrays (SPAD) or CCD/CMOS cameras that are still quite large for probe level 

measurements. Here, I introduce integrated Diffuse Speckle Contrast Spectroscopy (iDSCS), a 

novel optical sensor design for probing deep tissue blood flow with a single unbiased, generic 

photo diode. In iDSCS, a photodiode is coupled to a custom integration circuit to measure photon 

intensity fluctuations over multiple integration durations. Since the photodiode is unbiased, it has 

potential to be an inherently low noise device. I further implement real-time noise correction to 

improve performance. In this chapter, I first describe the underlying concept of diffusion speckle 

contrast analysis, followed by instrumentation and in vivo experimental data. 

5.2  Theory 

I briefly review the theory of Diffuse Speckle Contrast Analysis (DSCA)[40], [41], [80]. 

Speckle contrast-based measurements of blood flow calculate the temporal variance of integrated 

photon intensities. Let ܫ௧(ܶ) be the intensity measured by an integral detector (e.g., camera, iDSCS 

detector) at measurement time ݐ for an integration time ܶ. DSCA calculates the normalized 

temporal variance of ܫ௧(ܶ) to estimate blood flow. If, ߪ௧(ܶ) is standard deviation, and 〈ܫ௧〉 is the 

mean of ݊ (typically ݊ = 30) temporal samples of integrated intensity, then the normalized 

variance ݒ(ܶ) is given by: ݒ(ܶ) =  is typically referred to as (ܶ)ݒଶ. Note that ඥ(〈௧ܫ〉/(ܶ)௧ߪ)

speckle contrast [39], [56]. Speckle contrast measurement techniques estimate blood flow by 

measuring the normalized variance at multiple exposure times [46], [56] and fitting it to a speckle 

visibility expression:
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where, ߚ is an instrumentation constant depending on speckle/detector size, coherence length and 

polarization of the measurement, ݃ଵ(ߩ, ߬) is the normalized electric field autocorrelation function 

appropriate to the measurement geometry, ܨ is the blood flow index, ߩ is the source-detector 

separation, and ߬ is the correlation lag.  For the semi-infinite homogeneous tissue geometry, the 

solution to ܩଶ(ߩ, ߬) is given by,[52], [60] 
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Further, ݃ଵ(ߩ, ߬) = ,ߩ)ଵܩ  ,ߩ)ଵܩ/(߬ ,ߩ)ߢ ,(0 ߬) is a dynamic wave vector given by  ߢ(ߩ, ߬) =

ߤݒ)] + ௦ߤݒ2
ᇱ ݇
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ଶ + ଶݎ ,ଶ)ଵ/ଶߩ = ݖ2)) + ݈௧)ଶ + ଶ)ଵ/ଶ, ݈௧ߩ ≈ ௦ߤ/1

ᇱ , and 

ݖ ≈ 2݈௧/3 for index matched boundaries,  ܦ is the tissue diffusion coefficient, ߤ௦
ᇱ  is the reduced 

scattering coefficient of tissue, and ߤ is the tissue absorption coefficient. In the diffusion regime 

a closed from solution for the speckle variance can be expressed as a function of integration time 

(ܶ), and source detector separation (ߩ), by substituting for ݃ଵ(ߩ, ߬) from Equation 5.2 into 

Equation 5.1, 

,ܶ)ݒ  ,ܫܨܤ (ߩ =
2

ܶ
ݒ ቈ

1

ଵݎ
ଶ ଶభܫ

+
1

ଶݎ
ଶ ଶమܫ

−
2

ଶݎଵݎ
భାమܫ

               (5.3) 

 

 

 

 



   59 

Here, 
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. Here, ܴ  is the effective reflection coefficient 

between the tissue and surrounding medium and ܦ is the Brownian flow coefficient. The blood 

flow index ܨ =  . A similar expression has been derived for Diffuse Speckle Contrast Analysisܦߙ

by Lee et. al. [94] 

5.3  Instrumentation 

As it is depicted in Figure 5.1 an iDSCS measurement uses a wavelength stabilized laser 

as the illumination source. As shown in Chapter 4 – this can be readily replaced with a fiberless 

single mode laser diode for wearable measurements. Temporal intensity fluctuation of diffused 

light is collected at different exposure times (ܶ) by configuring a photodiode and op-amp integrator 

(shown in Figure 5.3). Multiple frames are then used to compute the speckle variance (ܭଶ(ܶ)) 

curve. Finally, the speckle variance curves are fit to equation 5.3 for computing blood flow index 

 The data processing steps are shown in Figure 5.2. Figure. 5.3 shows a schematic outline of .(ܨ)

the iDSCS optical blood flow sensor, and a schematic of instrument control and data acquisition. 

The iDSCS sensor uses a generic photodiode (ODD-1W, Optodiode, USA) that features an active 

detection area of ~1mm2. The diode is operated in photovoltaic mode, i.e., it is unbiased. Normally, 
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this reduces the photon-electron conversion rate and diminishes any amplification that may be 

achieved in the semiconductor. However, operating the photodiode in an unbiased condition also 

reduces the effective dark current in the sensor. The loss in photodiode amplification is 

compensated by the integrator amplifier circuit.  

The output of the photodiode, i.e., the current generated by the detected photons, is 

connected to a switched op-amp for integration. Here, I use a general-purpose precision switched 

integrator amplifier (IVC102U, Texas Instrument, USA) that features a capacitor bank and a 

MOSFET switch in feedback loop. The output of the amplifier can be modeled as  

 ܸ௨௧ = −
1

௧ܥ
න  (5.5)                                 ݐ݀(ݐ)ூேܫ

where, ܥ௧ =  ூே is the current from the photodiode. When the MOSFET switch (S1)ܫ and ,ܨ 100

is open, the amplifier functions as an integrator, and the capacitor accumulates charge. When the 

 
 

Figure 5.1 Outline of the iDSCS instrumentation. A WSS laser is used as illuminator and 
an unbiased PN photodiode is configured to temporally integrate light intensity 
fluctuations. Temporal contrast analysis is performed on data collected following the MESI 
[55] scheme. Acquired data is then fitted to diffuse speckle model to calculated ܦߙ 

 



   61 

MOSFET switch (S1) is closed by an external control signal, the integration operation is stopped 

and the capacitor discharges. Thus, the circuit functions as programmable integrator, similar to a 

camera. Note that the iDSCS circuit can be implemented with any operational amplifier with a 

capacitor and switch in its feedback loop.  

Instrument control and data acquisition scheme shown on Figure 5.3 is realized using a 

multi-function data acquisition board (USB-6341, National Instruments, USA) and custom 

software on LabVIEW. Two counter/timers on the data acquisition board were configured to 

generate the necessary timing signals to drive the acquisition process. The first timer was used to 

operate the integration/reset cycle (shown in red in Figure 5.3(B)).  The integration time ݐ௧ was 

set to be 500 ݏߤ and the reset time ݐ௦௧ was set to 100 ݏߤ. This pulse train was used to trigger 

the second timer and produce a periodic sampling clock, which was used to record the integrated 

 
Figure 5.2 During one integration cycle multiple intensity output is sampled following the 
MESI [55] scheme. Multi-exposure data collected during one integration cycle is defined 
as one data frame. Multiple data frame is utilized to calculate speckle variance. Finally, 
fitting these speckle variance curves into the diffuse speckle model results in blood flow 
information ܦߙ. 
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intensities at different exposure/integration times. The sampling clock had a time period of 50 ݏߤ, 

which resulted in single-shot measurement of 10 exposures per cycle. A 500ݏߤ integration and 

 reset cycle, resulted in an effective measurement frame rate of 1.6 KHz. Note that detection ݏߤ100

of additional exposures can be readily accomplished by reducing the time period of the sampling 

clock, without sacrificing data acquisition rates. 

Since the iDSCS sensor utilizes an unbiased photodiode, it inherently features the lowest 

possible dark noise for Si detectors. However, the measurement is susceptible to other 

environmental and electrical noises such as Johnson noise, shot noise, readout noises etc. I 

implemented a real-time noise correction procedure to account for the different circuit noises. Note 

that the first sample acquired per cycle corresponds to a ‘zero’ integration time measurement, and 

thus serves as an overall measure of circuit noises. This integrator output measured at zero 

integration time was subtracted from ܫ(ܶ) to provide a real-time noise corrected integrated 

 
 

Figure 5.3 (A) Circuit schematic of integrated DCS probe. A generic photodiode is 
configured in photovoltaic mode. The current generated by incident photons is amplified 
by a programmable switched op-amp integrator circuit. The operation of the integrator is 
modulated by a MOSFET switch on the feedback loop (S1), which controls the integration 
reset cycle (typically ݐ௧ = ௦௧ݐ,ݏߤ 500 =  ,Sampling and Integration cycle (B) .(ݏߤ 100
for single shot measurement of speckle intensity fluctuations at multiple integration times. 
The maximum integration time is 500ݏߤ. Integration and data sampling is realized by a 
National Instruments data acquisition device controlled using custom software. 
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intensity data for every cycle. Per data processing, ݊ = 30 multi-exposure integrated intensity 

frames were processed to compute the normalized speckle contrast and variance as a function of 

measurement time and exposure time. The data was then post-processed by averaging over 100 

frames for an effective measurement rate of ~16 Hz. The resulting speckle visibility measurement 

 .was fit to an analytical solution to equation 5.3, to derive a blood flow index ((ܶ)ݒ)

5.3.1  Effects of Speckle Averaging and Compensation Techniques 

Averaging of multiple speckles over the detection area may reduce the dynamic range of 

the iDSCS sensor. The size of a speckle is roughly few micrometers [46]. It is a function of 

observation distance ݀, central wavelength of light source ߣ and the detection area ܽ. For a typical 

deep tissue measurement, the average speckle size is calculated as ݏ ≈
ௗఒ


≈  If the .݉ߤ 300

photosensitive area of the photodiode is larger than the speckle size then the photodiode will 

experience spatial averaging of multiple speckles. This phenomenon is known as speckle 

averaging. Now if we model the current generated by the photodiode as ܫ௧(ܶ), then it has a 

constituent of dc component contributed by the speckle averaging, ܫௗ(ܶ), and an ac component 

 
Figure 5.4 Representative curves of speckle variance ܭଶ(߬௫) is plotted for photodiode 
with different photosensitive area. From left to right the photosensitive area reduces thus 
reducing the speckle averaging contribution to the signal dynamics. As a result, the speckle 
variance ܭଶ and the dynamic range of multi-exposure speckle variance curves improve 
from left to right. 
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representative of the dynamic speckle intensities, ܫ௦(ܶ). If the dc current contribution becomes 

significantly higher that the ac component, i.e., ܫௗ(ܶ) ≫  ௦(ܶ) , it will cause a reduction in theܫ

dynamic range of the speckle visibility curves, thus, reducing the overall sensitivity of the 

measurement. There are few techniques to tackle speckle averaging. The first technique is to 

reduce the photosensitive area of the photodetector. Second a current subtraction method designed 

to negate the ܫௗ(ܶ) component of the total current ܫ௧(ܶ) generated by the photodiode.  

A reduced area of photo detection will lessen speckle averaging effects thus improving the 

speckle contrast. Accordingly, I have prepared three different iDSCS optical probes with three 

photodiodes of different active area. Next, I measured the speckle visibility curves from a tissue 

simulating liquid phantom with absorption coefficient ߤ = 0.1 ܿ݉ିଵ and reduced scattering 

coefficient ߤ௦
ᇱ = 10 ܿ݉ିଵ at 785 nm.  The acquired speckle visibility curves are shown on Figure 

5.4 from left to right for photodiode with effective area of 1 ݉݉ଶ (ODD-1w, Optodiode, CA), 

0.78 ݉݉ଶ(S9119-01-01, Hamamatsu, Japan) and 0.5 ݉݉ଶ (S13337-01, Hamamatsu, Japan) 

respectively. Here, the measured speckle variance (y-axis) is plotted as a function of exposure time 

(x-axis). The variance at the shortest exposure time is about an order of magnitude higher for the 

0.5 ݉݉ଶ active area detector (right most curve) when compared to the 1 ݉݉ଶ active area detector 

(left most curve). It is clearly observed that the overall variance and dynamic range improves as 

the effective area of the photodiode decreases. 

5.3.2  Improving Dynamic Range with Constant Current Sink 

Although, reducing the photosensitive area has demonstrated positive results on improving 

the speckle variance. The photodiode chosen for this experiment were PIN photodiode. PIN 

photodiode is designed form high speed application in photoconductive mode. Thus, for normal 

operation a biasing voltage is desired. An added biasing voltage would result in increase in dark 
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current thus reducing the signal to noise ratio. This reduction in SNR worsens for low light 

applications. Thus, this detector is not suitable for iDSCS application. iDSCS measurement 

necessitates a PN diode which features proper photovoltaic mode operation in low light condition 

with intrinsically low dark and shot noise. This poses a significant dilemma because availability 

of a PN type photodiode restricted the photosensitive area to be  ≥ 1 ݉݉ଶ.  

To overcome this limitation, I explored a different strategy to reduce the speckle averaging 

current in iDSCS acquisition. To reduce the speckle averaging current ܫௗ(ܶ), I designed a custom 

circuit to sink/drain a current ܫௗ, which when connected to the same node as the photodiode and 

configured correctly would negate ܫௗ(ܶ). Briefly, an op-amp driven constant current source is 

connected in the same note as the photodiode. The input terminal of the op-amp is connected to a 

NI-DAQ 6341 analog output for active current control through a custom LabVIEW program. The 

 
Figure 5.5 Speckle variance curves acquired from a solid phantom experiment by varying 
the drain current ܫௗ. Different current sink ܫௗ is introduced to the terminal of the photodiode 
ranging from 0 ߤ  to 1 ߤ . As the ܫௗ increases the dynamic range of the speckle variance 
curve improves reaching a peak at ܫௗ =  denoting a total subtraction of the speckle , ߤ1
averaging current ܫௗ. 
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output voltage of the NI-DAQ system is converted to the drain current ܫௗ by a series resistance. 

As ܫௗ approaches ܫௗ, the spackle variance increases consequently increasing the dynamic range 

of speckle variance curve. In theory, the effect of the dc speckle averaging current should be 

completely suppressed when ܫௗ becomes equal to ܫௗ. 

To validate this approach, I measured diffuse speckle visibility curves from a liquid tissue 

phantom (ߤ = 0.1 ܿ݉ିଵ , ߤ௦ = 10 ܿ݉ିଵ at 785 nm) with an optical probe comprising a fiber 

coupled wavelength stabilized length laser source (Toptica Photonics, 785 nm, 120 mW) and the 

modified iDSCS detector with a source detector separation of ߩ = 10 ݉݉. Multiple integrated 

speckle intensity curves were recorded as a function of exposure time ܶ from 10 ݏߤ 200 ݐ ݏߤ. A 

total of 100 such curves were used to calculate the speckle variance. Speckle variance was acquired 

as a function of exposure time for drain currents ranging from 0 ߤ  to 1 ߤ ; Figure 5.5 outlines 

 
 

Figure 5.6 Schematic illustrating the in-vivo cuff-occlusion experiment. The iDSCS validation 
probe was placed on the forearm of a volunteer. An arm cuff (connected to a tourniquet system) 
was wrapped around the bicep to effect transient cuff-ischemia. The validation probe contains 
two source fibers placed at an SD of 1 cm and 2.5 cm with the iDSCS detector. A DCS detector 
fiber is placed at an SD separation of 2.5 cm for comparison study. 
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speckle variance curves measured with drain currents (ܫௗ) of 0 ߤ  (blue), 0.5 ߤ  (red), 0.9 ߤ  

(yellow) and 1 ߤ  (green). The average speckle contrast is lowest when ܫௗ =  and highest  ߤ 0

when ܫௗ = ௗܫ speckle variance measured at ; ߤ 1 =  is three orders of magnitude greater than  ߤ 1

that measured without drain current subtraction. These results clearly show the success of the 

dynamic contrast enhancement strategy implemented here. 

5.4  Experiments and Results  

5.4.1  In-vivo Arm Cuff Occlusion Study for 1 cm and 2.5 cm with Active Speckle Averaging 

Drain 

Here, I demonstrate the ability of the iDSCS technique to measure deep tissue blood flow 

using the device with current drain implemented to compensate for the speckle averaging. Figure 

5.6 shows the schematic of the in vivo experiment. Briefly, the validation probe on Figure 5.6 

contains two conventional DCS laser sources (similar as in section 3.5) and one DCS detector 

fiber, the later provides for comparison with a conventional DCS system. Two source fibers were 

 

 
Figure 5.7 Representative variance curve and their fits acquired with the iDSCS validation 
probe for 1 cm (left) and 2.5 cm (right) SD separation. For the same drain current 
introduced the variance ܭଶ(ܶ) for SD 1 cm is less in magnitude than the 2.5 cm due to the 
higher contribution of speckle averaging at shorter SD separation. 

 



   68 

placed maintaining a SD separation of 1 cm and 2.5 cm with the iDSCS detector. Asynchronous 

opeation of the two laser source would probe different depths inside the tissue. A tourniquet system 

is configured to induce transient arm-cuff ischemia  during experiment.  

First baseline BFI indices were measured with both devices at SD of 1 cm and 2.5 cm for 

1 minute. For iDSCS, the overall time period of acquisition of one frame was set to be 

௨௦௧ݐ =  ௦௧ݐ and the reset time ݏߤ ௧ was set to be 500ݐ where the integration time ݏߤ 600

was set to be 100 ݏߤ. In each frame, 10 multi-exposure intensity/contrast measurements were 

collected for exposure times ranging from 0 ݏߤ to 450 ݏߤ. Intensities from 50 frames were used 

to calculate the variance ܭଶ(߬) curves thus making the effective frame rate to 33 Hz.  Before fitting 

to the speckle variability model 100 frames of speckle contrast were averaged. Figure 5.7 shows 

representative speckle variance curves (blue dot) and fit (green solid line) for source detector 

separations of 1 cm (left) and 2.5 cm (right). Here, the data were fit to the diffuse speckle contrast 

 

 
Figure 5.8 (A) Baseline relative blood flow indices showing pulsatile blood flow measured 
on a subject’s forearm measured using the iDSCS detector at an effective frequency of 33 
Hz. (B) FFT of the baseline flow showing intensity peak at 1-2 Hz frequency, indicating 
pulsatility in the detected signal. 
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model in Equation 5.3. The speckle variance at SD of 1 cm is slightly lower than 2.5 cm due to 

high intensity detected at lower SD separation reducing signal variability.  

Figure 5.8 (A) shows the baseline relative blood flow for a source-detector separation of 1 

cm, over a 3.5 second temporal window. At baseline condition the heart rate pulsatility is clearly 

visible with QRS peak. Figure 5.8 (B) shows the corresponding frequency spectrum of the blood 

flow; the pulsatile frequencies are resolved in the 1-2 Hz range. This suggests the iDSCS has 

sufficient sensitivity to measure pulsatile flow at 1 cm SD separation. However, note that typical 

high frequency features such as the dicrotic notch are not clearly resolved. Better noise correction 

will help improve iDSCS’ sensitivity to small flow changes.  

After acquiring the baseline data, a cuff occlusion study was performed for both SD 

separations. The cuff-occlusion protocol consisted of a 1-minute baseline, followed by a 1-minute 

cuff ischemia where the blood pressure cuff was inflated to 200mmHg, and finally a 1-minute post 

occlusion recovery. Cuff occlusion experiments were performed for both SD separation in 

sequence, allowing for a 10 minute rest period in between. Blood flow indices were computed with 

 

 
Figure 5.9 Relative BFI plots of arm-cuff occlusion study performed with the iDSCS validation 
probe. The effective acquisition frequency was 16.7 Hz. For SD separation of 1 cm(left) a 
~100% occlusion was detected and for SD of 2.5 cm (right) a ~90% occlusion is visible. 



   70 

iDSCS using the methods descried above. The time trace of the blood flow was smoothed with a. 

20-frame moving average window. Relative blood flow was computed by normalizing to the mean 

baseline blood flow. The result of this study is shown in Figure 5.9. During the arm cuff occlusion 

period, a close to 100% occlusion was observed at 1 cm SD separation, whereas ~90% occlusion 

for SD of 2.5 cm.  

I compared the temporal time trace of relative blood flow measured with iDSCS 

measurement against a conventional DCS instrument. As mentioned earlier, a DCS detector fiber 

and an iDSCS detector was placed within the validation probe maintaining an equal SD separation 

of 2.5 cm from a fiber collimated WSS source. A picture of the realized probe can be seen in Figure 

5.10(left). I briefly describe the DCS acquisition parameters here. The DCS acquisition frequency 

was set to 20 Hz and average of 20 frames was taken to demonstrate the relative change in blood 

flow. The surface illumination power was 70 mW. For each SD separation 3 channels of DCS data 

 
 

Figure 5.10 A realized validation probe of the modified iDSCS system with comparison study 
with DCS. A DCS detector fiber and iDSCS detector is molded maintaining a SD of 2.5 cm from 
a fiber coupled wavelength stabilized source. On right the relative BFI index of an arm-cuff 
occlusion study is shown. During occlusion the relative BFI is in well agreement with both the 
measurement iDSCS and DCS. 
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were averaged to increase the SNR. The iDSCS analysis is similar as described earlier and iDSCS 

data was acquired synchronously with the DCS measurement. For both measurements the flow 

indices were normalized with the mean of baseline flow to compute the relative blood flow (rBF). 

The resultant comparison is shown in Figure 5.10.  Both iDSCS and DCS track the blood flow 

reduction due to the arm-cuff occlusion. DCS, clearly shows a 100% reduction in blood flow, 

while that measured with iDSCS is ~90%. This discrepancy could arise from the positional 

difference and iDSCS’ lack of sensitivity due to speckle averaging and other measurement noises. 

As with the previous experiment, better noise correction will help improve iDSCS’ dynamic range.  

5.4.2  Sensitivity iDSCS Blood Flow Changes Measured in Tissue Simulating Liquid Phantoms 

Finally, I experimentally measured the sensitivity of the iDSCS system to flow changes in 

a controlled liquid phantom. Tissue simulating liquid phantoms were prepared from distilled water, 

 
 

Figure 5.11 In the panel the relative flow is shown as a function of glycerol concentration (%) 
at wavelength 785 nm measured with iDSCS (red) and DCS (blue). Flow decreased with 
increasing glycerol concentration from left to right. The sensitivity of iDSCS compare well with 
DCS at SD of 1 cm (left). However, sensitivity of iDSCS at 2.5 cm (right) reduces compared to 
DCS. 
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Intralipid (20% emulsion, Sigma-Aldrich, MO) and glycerol (≥ 99.5%, Sigma-Aldrich Co., 

USA). The intralipid was used as a scattering element whereas different concentration of glycerol 

was used to change the viscosity of the phantoms, thus changing the diffusion coefficient of 

scatterers. Three different phantoms were prepared with 0%, 20% and 30% glycerol with 0.75%, 

0.89% and 1.3% intralipid concentrations respectively.  The amount of intralipid in phantoms for 

each glycerol concentration was varied to hold the scattering coefficient of the phantoms constant 

following prior literature [95]. 

In these experiments I measured ‘flow’ in these phantoms with both DCS and iDSCS 

synchronously for all three phantoms, using the probe/experimental procedure described in the 

previous section. DCS data acquisition was performed at an effective rate of 10 Hz whereas for 

iDSCS the acquisition rate was 33 Hz. For each phantom 1 minute of data was acquired, DCS 

autocorrelation functions or iDSCS speckle visibility curves were averaged, and the data were fit 

to respective models to obtain a blood flow index. Figure 5.11 displays the change in flow index 

due to addition of glycerol to the phantom, relative to the flow index at 0% glycerol (left/right, for 

source detector separation of 1 cm/2.5 cm respectively). In both curves, data acquired with DCS 

is shown in blue, while those measured with iDSCS is shown in red. In all cases (both techniques, 

both source detector separations), the flow index decreases with glycerol concentration. At 1 cm 

(Figure 5.11 left) the change in flow index measured with iDSCS is comparable to DCS, while at 

at 2.5 cm (Figure 5.11 right) the sensitivity of the iDSCS is lower than that of DCS. . The decrease 

in sensitivity at higher SD separation can be attributed to reduced SNR at low intensities caused 

by dynamic electrical noise affecting measured variance. An effective technique to correct 

dynamic electrical noise in the acquisition circuit could help improve the sensitivity at higher SD 
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separation. We also note that the sensitivity if iDSCS is compared to DCS and the true change in 

‘flow’ is unknown.   

5.5  Discussion 

In this contribution, I have developed and implemented integrated Diffuse Speckle 

Contrast Spectroscopy, a photodiode-based method for deep tissue blood flow measurement.  

iDSCS combines the instrumental simplicity of Laser Speckle Contrast Imaging, with 

mathematical models from Diffuse Correlation Spectroscopy, to yield a small, wearable detector 

for deep-tissue blood flow measurements. The iDSCS sensor is realized using an off-the-shelf 

photodiode and a custom electronic integrator, all controlled with signals from a standard data 

acquisition device. By operating the photodiode in a photo-voltaic (unbiased) mode, iDSCS 

achieves the lowest dark noise. Further, with no electronics associated with CCD/CMOS charge 

transfers, iDSCS has negligible readout noise. These noises are lowest in the class of diffuse 

speckle contrast instruments, especially when compared to SPAD arrays or CMOS cameras. 

Nevertheless, several challenges need to be overcome to practically implement the sensor. Most 

significantly, the sensitivity of iDSCS instrument is affected by speckle averaging effect, i.e., the 

large detector area of the photodiode averages multiple detected speckles, thus reducing the 

effective dynamic range of the signal that could be recorded. While the detrimental effects of 

speckle averaging could be avoided by reducing the photosensitive area, I developed an active 

current-negation circuit to reduce/eliminate the average photodiode current due to speckle 

averaging. This ensures that the iDSCS sensor integrates and detects primarily the fluctuating 

dynamic speckle intensities. The efficacy of this current subtraction approach was validated in 

experiments on tissue simulating phantoms; notably the current subtraction provides speckle 

variance measurements three orders of magnitude higher than conventional iDSCS.  
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In representative in vivo experiments on the human forearm, I compared the performance 

of the iDSCS sensor with a conventional fiber based DCS instrument. In an in-vivo arm cuff 

occlusion experiment, iDSCS recorded a nearly 80% reduction in blood flow, marginally higher 

than the 100% reduction in blood flow measured with DCS. iDSCS is also able to resolve blood 

flow pulsatility in the human arm, although the fidelity of the waveform is not as robust as DCS. 

iDSCS compares favorably with DCS in measuring tissue perfusion. The iDSCS method is 

sensitive to flow changes in-vivo for both 1 cm and 2.5 cm source detector separation, with results 

comparable to DCS. 

While iDSCS has low dark, shot and readout noises, dynamic electrical noise generated by 

circuit components (i.e., power supply, parasitic capacitance etc.) could affect the detected speckle 

variance. In the instrument presented here, this electronic noise is not accounted for – which is a 

possible explanation for the reduction in sensitivity of the iDSCS measurements to blood flow 

changes. At lower SD separation (i.e., 1 cm) the signal intensity detected (ݐ)ܫ is higher thus 

relativity unaffected by dynamic electrical noise, however at higher SD separation due to low 

intensity detected the dynamic electrical noise compromises measurement sensitivity. An effective 

correction for this dynamic electrical noise is necessary to improve the sensitivity and dynamic 

range of blood flow estimates with iDSCS.  

I conclude by mentioning some advantages of the iDSCS sensor. First, due to its small 

footprint, the iDSCS sensor can be readily incorporated within an wearable probe for fiber-less 

detection of blood flow. Second, the iDSCS sensor permits single-shot measurement of speckle 

variance at multiple exposure times, which is an advantage over similar camera-based devices. 

Third, the unbiased operation of the photodiode and dark current measurements provides for real-

time noise correction. Finally, the sensor’s low power/bandwidth requirements permit embedded 
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measurements with microcontrollers. These significant advantages could permit wearable deep 

tissue blood flow measurements with DCS.  
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Chapter 6:  Conclusion and Future Work 
 

In this dissertation, I have presented and validated three technological innovations to 

reduce the instrumentation burden for wide adoption of deep tissue blood flow measurements with 

Diffuse Correlation Spectroscopy (DCS).  

In chapter 3, I have introduced compressed DCS (CDCS), a hardware data compression 

technique for DCS. In traditional fast DCS instruments, 32-bit counters are used to sample and 

count TTL pulses generated by the single photon counting detectors; this limits the number of 

channels in any given DCS instrument to 16. To achieve simple multi-channel operation, I 

leveraged the fact that the number of photon-counts per sample/channel in DCS range between 1-

4. Since this number can be easily represented by readily available binary coded counter, I realized 

a hardware compressed DCS instrument with chained BCD-based TTL pulse counting circuit for 

multi-channel DCS acquisition. I validated the efficacy of the embedded system against traditional 

hardware counters used in a typical DCS instrument.  In solid phantom, liquid phantom and in-

vivo studies the CDCS system showed excellent agreement with embedded 32-bit counters of NI-

DAQ used for fast DCS measurement[47]. I further characterized the system noise as a function 

of delay time ߬ and intensity I to provide an operation standard for this technique. Overall, this 

system achieved an 87.5% data compression efficiency for DCS counting operation. 

In Chapter 4, I developed fiberless DCS, a compact low power laser system for DCS blood 

flow measurements. One of the major components in typical diffusion and speckle-based 

measurements is a high bandwidth laser source. Although the actual coherence requirement of 

these technologies for probing deep inside the tissue (~2.5 cm) is few hundred centimeters, most 
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instruments currently use light sources with around 50 m coherence length. Since these highly 

stabilized sources also require power intensive circuitry for cooling and bandwidth overhead for 

fiber collimation, they are in general bulky and expensive. In chapter 4, I highlight the minimum 

coherence requirement of a laser source for these diffuse dynamic speckle measurements. 

Considering these requirements, I developed a custom miniature laser source using just a single 

mode diode laser, and 3D printed assembly for collimation and electrical/thermal isolation. I 

characterized the coherence length of this FBDCSS laser system to be ~50 cm. In tissue simulating 

phantoms and in vivo experiments, the FBDCS source met the benchmarks set by conventional 

wavelength stabilized DCS sources in terms of accuracy in detecting blood flow, sensitivity and 

dynamic range of flow changes, and SNR.  

Finally in chapter 5, I introduced integrated Diffuse Speckle Contrast Spectroscopy 

(iDSCS), a novel deep tissue hemodynamics measurement technique. Here, I leveraged the 

simplicity of the LSCI instrumentation in combination with multi-scattering principles of Diffuse 

Correlation Spectroscopy to realize a small, low power instrument capable of probing deep in the 

tissue for localized microvasculature flow. iDSCS is built using a single off-the-shelf photodiode 

in unbiased configuration, with good sensitivity to low light conditions and with intrinsically 

reduced dark current. Meager power consumption and small form factor of this device makes it 

suitable for portable and wearable operation. In preliminary in-vivo arm cuff occlusion study, the 

iDSCS sensor performs comparably to DCS, although its sensitivity and dynamic range can be 

improved with better characterization of the system electronic noise.  

6.1  Future Work 

A successful demonstration of deep tissue blood flow sensitivity is achieved with a simple 

instrumentation of iDSCS, which is a significant improvement over existing technology, paving 
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the road for a wearable deep-tissue blood flow monitor. In combination, the iDSCS, FBDCS and 

CDCS techniques introduced in this dissertation should improve the adoptability and affordability 

of DCS instruments. Critically, FBDCS and iDSCS can be combined to create the world’s first 

fully wearable deep tissue blood flow monitor. Such a realized prototype should be capable of 

experimental work outside laboratory setting and permit in real-time clinical functional monitoring 

of disease stated.  

I hereby note some imminent technical challenges need to be addressed for reliable 

continuous operation of the iDSCS method. The sensitivity of the iDSCS needs to be characterized 

in liquid phantom. This is particularly hard to achieve because prototyping water-resistant probe 

containing sensitive electronics to drive the system is technically challenging. However, a 1:1 

comparison with DCS technique would provide better direction toward improving the SNR of the 

device.. Moreover, a combined circuit system consisting of an FBDCS compact laser and iDSCS 

sensor could be developed for portable wearable use. I believe these improvements would lead to 

a new avenue in optical based hemodynamics and associated biomedical research. 
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