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Abstract (Polish) 
 

Przepływ krwi jest uznawany za istotny biomarker stanu zdrowia oraz prawidłowego 

funkcjonowania narządów. Nieinwazyjne techniki umożliwiające jego pomiar mają kluczowe 

znaczenie w wielu zastosowaniach klinicznych. Dyfuzyjna spektroskopia korelacyjna (ang. 

Diffuse Correlation Spectroscopy, DCS) stanowi nieinwazyjną metodę optyczną służącą do 

monitorowania zmian przepływu krwi w tkankach. Umożliwia ona ocenę przepływu krwi na 

podstawie analizy czasowych fluktuacji plamek interferencyjnych (speckle) światła 

koherentnego, wywołanych ruchem erytrocytów. 

Dyfuzyjna spektroskopia korelacyjna (DCS) obejmuje technikę fali ciągłej (continuous-wave 

DCS, cw-DCS) oraz technikę czasowo-rozdzielczą (time-domain DCS, td-DCS). cw-DCS jest 

metodą starszą, dobrze ugruntowaną i szeroko stosowaną zarówno w badaniach prowadzonych 

u osób zdrowych, jak i w zastosowaniach klinicznych u pacjentów. Jej istotnym ograniczeniem 

pozostaje jednak brak możliwości rozróżnienia zmian przepływu krwi zachodzących w 

warstwach powierzchownych i głębszych badanych tkanek. W ostatnich latach coraz większą 

uwagę poświęca się rozwojowi techniki td-DCS, która dzięki wykorzystaniu szybkiej 

optoelektroniki oraz laserów impulsowych umożliwia różnicowanie rejestrowanych fotonów 

na podstawie czasu ich przelotu (ang. Time of Flight, TOF), a tym samym pośrednie 

szacowanie głębokości penetracji światła w tkance. Pozwala to na lepsze rozróżnienie zmian 

przepływu krwi zachodzących na różnych głębokościach badanej tkanki. Jednocześnie 

istotnym wyzwaniem w pomiarach td-DCS pozostaje uzyskanie odpowiednio wysokiego 

stosunku sygnału do szumu, ponieważ analiza opiera się na fotonach rejestrowanych wyłącznie 

w ściśle określonych oknach czasowych. Analiza danych w td-DCS jest zatem bardziej złożona, 

a konfiguracja eksperymentalna znacznie kosztowniejsza niż w przypadku cw-DCS. 

1. Zwiększenie odległości źródło-detektor (SDS) poprawia czułość czasowo-rozdzielczej 

dyfuzyjnej spektroskopii korelacyjnej (td-DCS) w monitorowaniu zmian przepływu krwi 

zachodzących w głębszych warstwach tkanek. 

2. Odpowiedzi hemodynamiczne mierzone techniką DCS wykazują dobrą korelację z 

odpowiedziami uzyskiwanymi metodami opartymi na rezonansie magnetycznym (MRI), co 
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wskazuje na możliwość wykorzystania DCS jako narzędzia optycznego do oceny zmian 

przepływu krwi w mikrokrążeniu. 

 

W pierwszej części pracy oceniono wydajność techniki td-DCS przy mniejszych i większych 

odległościach od źródła do detektora (SDS) w monitorowaniu zmian przepływu krwi 

zachodzących w głębszych warstwach tkanek. W tym celu zastosowano metryki jakości, takie 

jak współczynnik zmienności oraz stosunek kontrastu do szumu, w celu wyznaczenia 

optymalnego czasu przelotu fotonów (TOF) do estymacji zmian dynamiki rozpraszaczy w 

badanym medium. Następnie zdefiniowano metryki czułości służące ocenie zdolności td-DCS 

do wykrywania zmian ruchu rozpraszaczy w warstwach powierzchownych i głębokich z 

wykorzystaniem fantomów dwuwarstwowych. W dalszej części, w celu oceny zdolności td-

DCS do monitorowania wskaźnika przepływu krwi (BFI), przeprowadzono serię testów 

obejmujących okluzję przedramienia oraz próby oddechowe, tj. wstrzymanie oddechu (BH) i 

hiperwentylację (HV), u zdrowych dorosłych ochotników. Uzyskane wyniki stanowią 

podstawę opracowania metodologii i optymalizacji konfiguracji eksperymentalnej td-DCS oraz 

opracowania metod analizy danych. 

W drugiej części pracy oceniono korelację odpowiedzi hemodynamicznych rejestrowanych na 

głowie człowieka za pomocą technik cw-DCS i td-DCS z sygnałem zależnym od poziomu 

utlenowania krwi (blood oxygen level-dependent, BOLD) w obrazowaniu metodą rezonansu 

magnetycznego (MRI). Zaobserwowano dodatnią korelację pomiędzy wartościami wskaźnika 

przepływu krwi (BFI) a zmianami sygnału BOLD w odpowiedzi na próby oddechowe, tj. 

wstrzymanie oddechu (BH) i hiperwentylację (HV). Analiza pętli histerezy pomiędzy BFI a 

sygnałem BOLD podczas tych prób ujawniła wyraźne zależności czasowe między zmianami 

przepływu krwi a zmianami poziomu utlenowania. Wyniki te potwierdzają potencjał techniki 

DCS w monitorowaniu zmian mózgowego przepływu krwi (CBF) z wysoką rozdzielczością 

czasową. Ponadto wskazują, że DCS może stanowić narzędzie komplementarne względem 

BOLD-MRI w ocenie hemodynamiki mózgowej, w tym parametrów metabolicznych, takich 

jak mózgowy wskaźnik zużycia tlenu (CMRO₂). 

W trzeciej części pracy przeprowadzono porównawczą ocenę perfuzji w mikrokrążeniu tkanek. 

Zastosowano metodę IVIM MRI (ang. intravoxel incoherent motion, IVIM), umożliwiającą 

ocenę dyfuzji i składowej perfuzyjnej sygnału MR oraz wskaźnika przepływu krwi (BFI) 

mierzonego metodą cw-DCS. Perfuzja w mikrokrążeniu wyznaczana metodą IVIM opiera się 
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na analizie średniokwadratowego przemieszczenia cząsteczek wody w czasie. Z kolei BFI 

mierzony metodą cw-DCS jest proporcjonalny do średniokwadratowego przemieszczenia 

erytrocytów w czasie, co stwarza potencjalną możliwość bezpośredniego porównania obu 

metod. Nie zaobserwowano jednak korelacji pomiędzy BFI mierzonym metodą cw-DCS a 

parametrami perfuzji mikrokrążeniowej wyznaczonymi metodą IVIM-MRI podczas testów 

okluzji kończyn, obejmujących przedramię i kończynę dolną, co można wiązać z dużym 

błędem estymacji tych parametrów. Wskazuje to, że ograniczona dokładność metody IVIM-

MRI w ilościowej ocenie perfuzji mikrokrążeniowej może istotnie ograniczać jej zastosowanie 

kliniczne. Jednocześnie w badaniach przeprowadzonych z wykorzystaniem fantomów tkanko-

podobnych zaobserwowano dodatnią korelację pomiędzy wskaźnikiem przepływu mierzonym 

metodą cw-DCS a parametrem perfuzji wyznaczonym metodą IVIM-MRI. 

Wyniki przedstawione w niniejszej rozprawie wpisują się w rozwój techniki DCS, szczególnie 

w jej czasowo-rozdzielczą, nowoczesną odmianę. Uzyskane rezultaty przyczyniają się do 

poszerzenia możliwości zastosowania tej metody w monitorowaniu zmian przepływu krwi w 

mikrokrążeniu. 
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Abstract (English)  
 

Blood flow is considered as an important biomarker of organ health and function. Noninvasive 

technologies that measure blood flow are essential in many clinical applications. Diffuse 

correlation spectroscopy (DCS) is a noninvasive optical technique to monitor tissue blood flow 

changes. This technique monitors the tissues blood flow changes by evaluating the temporal 

speckle fluctuations of the coherent light caused by displacement of the red blood cells (RBC) 

in time. DCS is applied in a reflectance geometry with a source-detector separation (SDS) of 

few centimeters.  

      DCS is classified as continuous wave DCS (cw-DCS) and time-domain DCS (td-DCS). cw-

DCS is a more common technique, to monitor tissue blood flow changes. However, this 

technique does not provide depth discrimination of the blood flow of superficial and deeper 

layers of tissue.  Although some improvements over data analyses and experimental setup has 

been suggested, such improvements increase the complication and the cost of using this 

technique. td-DCS technique allows differentiation of the detected photons based on their time-

of-flight (TOF) and pathlength through the tissue, enabling depth discrimination of blood flow 

changes across tissue layers. However, the data analysis of this technique is more complex, and 

the experimental setup is costlier compared to cw-DCS. 

Two hypotheses were formulated for this dissertation. 

1) Increasing the source detector separation improves the sensitivity of time domain DCS 

to monitor blood flow changes appearing in deeper tissue layers. 

2) Hemodynamic responses measured by DCS technique correlate well with those 

measured by MRI-based techniques, allowing DCS to serve as an optical tool for 

assessing microvascular blood flow changes. 

In first part of this study, the performance of td-DCS at shorter and larger SDS, to monitor 

blood flow changes appearing in deeper tissue layers were evaluated. To do that, quality metrics 

such as coefficient of variation and contrast-to-noise ratio were employed to identify the 

optimal TOF to estimate the changes in displacement of scatterers. Subsequently, sensitivity 

metrics were defined to evaluate the performance of td-DCS to assess the changes in 

displacements of scatterers in superficial and deeper layers of the two-layered phantoms. Then 

to evaluate the performance of td-DCS in monitoring BFI, series of forearm occlusion test as 

well as breath hold (BH) and hyperventilation (HV) respiratory challenges were performed by 
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healthy adult volunteers. These findings can provide a comprehensive methodology to optimize 

the td-DCS experimental set up and data analayses.  

      In the second part of the study, the correlation of the hemodynamic responses measured on 

the human head by cw-DCS and td-DCS modalities with blood oxygenation level–dependent 

(BOLD) magnetic resonance imaging (MRI) were evaluated. I observed positive correlations 

between the BFIs and BOLD signal changes in response to BH and HV respiratory challenges. 

The hysteresis loops between the BFI and BOLD signal during respiratory challenges revealed 

distinct temporal relationships between the blood flow and blood oxygenation level changes. 

These results support the potential of DCS technique to monitor CBF changes with good 

temporal resolution. Moreover, the results suggest that DCS can be served as a complementary 

tool to BOLD-MRI for assessing cerebral hemodynamics (e.g. CMRO2).  

      In third part of this study, the microvascular perfusion-related measured by intravoxel 

incoherent motion (IVIM) MRI and BFI measured by cw-DCS were cross evaluated. The 

IVIM-derived microvascular perfusion-related is measured based on the mean square 

displacement of water molecules in time. The BFI measured by cw-DCS is proportional to mean 

square displacement of the red blood cells in time, which provides a potential for direct cross 

evaluation with the microvascular perfusion-related motion measured by IVIM-MRI. No 

correlation was observed between the BFI measured by cw-DCS and the microvascular 

perfusion-related motion parameters measured by IVIM-MRI during leg and forearm occlusion 

test, due to the high error in the estimation of the latest parameter. Thus, the misestimation of 

IVIM-MRI technique to quantify the microvascular perfusion-related motion may limits its 

clinical application. However, I observed positive correlation between the flow index measured 

by cw-DCS and perfusion-related motion parameter measured by IVIM-MRI on tissue 

mimicking phantom.  

      The work presented in this thesis lays on the continued development of DCS technique. The 

findings of this study contribute to enhancing DCS applicability in monitoring the 

microvascular blood flow changes. 
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1 Introduction 
 

 

 Context 
 

Blood flow is responsible for distributing nutrients and oxygen to all organs in the body and for 

removing metabolic waste products. Insufficient blood flow leads to tissue damage, impaired 

metabolism. Thus, blood flow is considered as an important clinical biomarker for tissue health 

[1].  

      Skeletal muscle is the largest organ system in the human body and has a high metabolic 

demand. Alterations in muscle perfusion is associated with a wide range of conditions. For 

example, reduced blood flow to skeletal muscle is considered a contributing factor to the decline 

in muscle mass, strength, and functional capacity associated with aging [2]. Similarly, impaired 

microvascular perfusion and dysregulated blood flow are signs of metabolic disorders such as 

diabetes mellitus. In this condition reduced muscle blood flow can lead to intense insulin 

resistance and delay the tissue recovery [3]. Given the critical role of skeletal muscle blood 

flow, there is a need for reliable, non-invasive techniques capable of continuously monitoring 

muscle perfusion. Moreover, careful assessment of muscle blood flow provides valuable insight 

into underlying muscle health and vascular function.  

      Brain hemodynamic response refers to changes in blood flow, blood volume, and oxygen 

delivery within the brain tissue following the brain activities [4]. Cerebral blood circulation, 

through cerebral blood flow (CBF), ensures a continuous supply of oxygen and nutrients vital 

for the brain’s function and preservation of its structural integrity. Cerebral tissues receive about 

20% of the body’s oxygen [5]. Any interruption in CBF can compromise brain function and 

may ultimately result in brain death. Although CBF monitoring is not routinely performed in 

clinical settings due to the limitations of current technologies, its continuous assessment is 

essential in neuro imaging applications and neurovascular coupling studies [6]. On the other 

word, continuous monitoring of CBF is crucial for evaluating brain injuries associated with 

inadequate perfusion, ischemic events, and disrupted vascular autoregulation [7, 8]. 

      Several techniques have been developed for continuous and non-invasive monitoring of 

tissue and CBF with practical advantages and limitations. Transcranial Doppler ultrasound, a 

commonly used clinical tool, measures blood flow in large vessels [9]. Laser Doppler 
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flowmetry estimates blood flow in superficial tissue layers [10]. Positron emission tomography 

(PET), considered as a gold standard technique, requires intravenous injection of a radioactive 

tracer [11]. Magnetic resonance imaging (MRI) based techniques offer high spatial resolution 

of perfusion imaging; however, suffer from relatively low temporal resolution and signal to 

noise ratio [12, 13]. Both PET and MRI systems are expensive, bulky, and require transporting 

the patient to a specialized facility. 

      Significant advancements in diagnostic instruments and therapeutic tools may greatly 

contribute to reduce mortality rates and enhance diagnostic precision and treatment 

effectiveness. The non-invasive techniques have potential to emerge the broader 

implementation in clinical practice. In the case of photonic and optical technologies, despite the 

long history of exploration, their full potential has yet to be fully realized. In recent years, 

however, rapid progress across these technological domains has significantly enhanced the 

feasibility and reliability of optical tools in clinical applications.  

      Diffuse optical spectroscopy (DOS) stands out as particularly promising. DOS techniques 

are implemented in a reflectance geometry, where near-infrared light is sent into tissue, and the 

scattered light is detected a few centimetres away from the light source. The detected signal 

predominantly arises from photons that traveled through a banana-shaped profile between the 

source and detector (figure 1.1). DOS comprises several modalities, most notably near-infrared 

spectroscopy (NIRS), and diffuse correlation spectroscopy (DCS). In DOS techniques, near 

infrared light in the optical window with the wavelength range of 650 to 950 nm [14] is used to 

illuminate the tissue. This range of wavelength is characterized by relatively low absorption 

and reduced scattering for biological tissues, which allows photons to penetrate several 

centimetres into deeper layers [15].  
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Figure 1.1 Schematics of diffuse light measurement in reflectance geometry, where a laser source is used to 

illuminate the tissue, and the scattered light is detected a few centimetres away from the fiber tip of the laser source. 

The colorbar present the photon counts. The figure was obtained using NIRfast package for a turbid medium, 

where the distance between the source and detector is 2 cm. The optical properties of tissue was considered to be 

𝜇𝑎 = 0.01 cm−1and 𝜇𝑠
′ = 1 cm−1 [16]. 

      The interaction of near infrared light with the medium alters the light properties in a way 

that it contains information about the tissue's composition and also helps to extract meaningful 

physiological parameters. Building on this discovery, DOS was developed to investigate tissue 

hemodynamic, such as cerebral oxygenation and cerebral blood volume [17]. Conventional 

NIRS primarily measures tissues optical properties including absorption coefficient (𝜇𝑎) and 

reduced scattering coefficient (𝜇𝑠
′ ) (detailed in 2.1 Basics of tissue optics), haemoglobin oxygen 

saturation and concentration. Although NIRS can estimate tissue’s perfusion, doing so typically 

requires the use of exogenous contrast agents (e.g., indocyanine green) [18], which limits its 

utility for continuous monitoring. 

      DCS is emerging as a promising optical technique in DOS for bedside tissue and CBF 

monitoring due to its advantages such as non-invasiveness, portability, and relatively low cost 

[19]. In this technique a long coherence laser is used to illuminate the tissue. As the light travels 

through the tissue, it interacts with moving red blood cells, causing fluctuations in the detected 

light intensity. These fluctuations are evaluated to estimate the tissue’s blood flow index (BFI) 

[20]. In contrast to other blood perfusion imaging techniques [21, 22], the measured BFI does 



4 
 

not have absolute unit of perfusion (i.e. mL/100 g/min); this parameter is directly proportional 

to the tissues’ blood flow changes [23].  

      A major limitation of DCS as a routine tool to monitor tissue and cerebral blood flow is the 

contamination of detected signals by compounds in the superficial layer which interferes with 

accurately measuring the deeper layer blood flow change. The muscle tissue BFI measured by 

DCS is affected by the blood flow in skin as well as the tissue fat fraction [24, 25] (figure 1.2 

a). The detected signal from human head is also affected by extracerebral layers (e.g., scalp and 

skull). However, in neuroimaging and brain monitoring applications, the hemodynamic signals 

originating from intracerebral tissues (e.g., grey and white matter) are more clinically 

informative [26, 27] (figure 1.2 b).  

a  

b  

Figure 1.2 Schematics of simplified model of different layers of a) tissue muscle and b) human head. The figures 

were modified from https://www.gettyimages.com/. 

 

      There are two main implementations of the DCS technique: continuous-wave DCS (cw-

DCS) [28] and time-domain DCS (td-DCS) [29]. The cw-DCS technique, which uses a 

continuous-wave laser to illuminate the tissue, lacks the ability to discriminate photons based 
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on their pathlength through the tissue. With a single source-detector separation (SDS), cw-DCS 

integrates signals from all photon paths, making it difficult to distinguish between contributions 

of superficial and deeper tissue layers’ blood flow changes [30]. Due to the diffusive nature of 

light propagation in biological tissues, increasing the SDS enhances the probability of detecting 

photons that have travelled deeper tissue layers [31]; although, this comes at the cost of a 

decreased number of detected photons. Some improvements in data analyses has been 

suggested to enhance the sensitivity to deeper tissues blood flow changes [32]. However, it 

increases the standard deviation in the estimated BFI [33]. In some studies, to improve the cw-

DCS sensitivity to the flow changes in deeper tissue layer, multi-layered model is used to fit 

the experimental data acquired at multi-distance, which increases the system cost [34].  

      td-DCS, which utilizes a pulsed laser source, enables the depth discrimination of blood flow 

in superficial and deeper layers of tissue [29]. This technique allows to select the photons with 

specific path that penetrate different depths in the tissue. To improve the spatial resolution, 

increase photon collection, and reduce probe dimensions, td-DCS technique has been applied 

in the null-distance or short SDS. However, it needs a fast time-gated single-photon avalanche 

diode [19, 35]. While a narrower laser pulse width and a shorter instrument response function 

(IRF) in the td-DCS system are desirable for improving the depth discrimination of the 

measured BFI [36], they come with trade-offs. A shorter pulse width typically reduces the laser 

coherence length and increases the error in estimating the displacement of scatterers and blood 

flow changes [36, 37]. Although td-DCS enables the depth discrimination in tissue’s BFI 

recovery, it comes with practical considerations. The recovered BFI measured by td-DCS 

depends on factors such as the IRF width, analyzed TOF gate start time, gate width and the SDS 

[38, 39].  

      Blood flow monitoring using cw-DCS has been validated against several established 

techniques, including color-weighted power Doppler ultrasound in mouse tumors [40], laser 

Doppler flowmetry in rats [41], and xenon-enhanced computed tomography in humans [42]. 

Additionally, cw-DCS has been validated with various MRI-based modalities for assessing 

blood flow changes. These include phase-encoded velocity mapping MRI during hypercapnia 

in children [32], blood oxygenation level dependent (BOLD) MRI in rat brains during electrical 

forepaw stimulation [43], arterial spin labelling (ASL) MRI during muscle occlusion in humans 

[44], and during hypercapnic challenges in both rodents [45] and adult humans [46]. cw-DCS 

has also shown utility in evaluating brain injuries and the effects of anaesthesia [47, 48].  

      MRI based techniques are considered as gold standard methods to evaluate the 

hemodynamic responses and can be used as reference method for validation of optical 
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techniques. BOLD-MRI is commonly used to evaluate the performance of the NIRS and DCS 

techniques in monitoring the cerebral hemodynamic responses [43]. BOLD-MRI technique is 

sensitive to changes in deoxyhemoglobin concentration (HbR) [49]. Although the BOLD signal 

reflects contributions from several factors, including CBF, cerebral blood volume, and the 

cerebral metabolic rate of oxygen (CMRO₂) [50], it has been reported the magnitude of the 

BOLD signal depends strongly on the exact balance of the CBF and CMRO₂ changes [51, 52]. 

Moreover, BOLD-MRI technique provides hemodynamic responses from both intracerebral 

and extracerebral regions with good temporal resolution. 

      On the other hand, optical coherence angiography has been used as a validation technique 

for IVIM-MRI to quantify the tissues’ microvascular structure and microvascular blood 

perfusion [53]. Intra voxel incoherent motion (IVIM) magnetic resonance imaging (MRI) is a 

contrast-free diffusion weighted imaging (DWI) technique to visualize the microscopic motions 

of water molecules and blood perfusion in biological tissue. Diffuse optical spectroscopy has 

also been combined with diffusion-weighted imaging (DWI) [54] and dynamic contrast-

enhanced MRI [55] as an additional tool for breast cancer characterization. 

      Despite substantial progress in DCS technique for assessing tissue microvascular blood 

flow, important limitations and questions remain. These challenges motivate further 

investigation into methodological advancements of DCS technique and its validation. 

Therefore, I recognized the existing knowledge gaps and defined the aims and hypotheses of 

this study as below. 

      

 Research gaps, aims and hypothesis  
 

Following the existing research gaps in DCS technique studies has been listed.  

      Td-DCS at large SDS improves the sensitivity of the measurement to monitor blood flow 

changes in deeper tissue layers. However, its application is has practical limitations. In DCS 

systems, single-mode fibres with low numerical aperture and micron-scale core diameters are 

used. As a result, photon collection efficiency decreases significantly at larger SDSs, making it 

challenging to monitor blood flow.  

      Although, the performance of cw-DCS and td-DCS in monitoring CBF has been compared 

in series of simulations [56, 57], there is a lack of study to compare these techniques in 

monitoring the cerebral hemodynamic responses. Moreover, no study has been performed to 
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evaluate the performance of td-DCS in monitoring the cerebral hemodynamic response versus 

a gold standard technique.  

      The BFI measured by cw-DCS has been validated in many studies [32, 40]. However, there 

is lack of study to consider cw-DCS as a technique to assess the microvascular blood flow 

changes measured by other methods.  

To overcome these challenges and research gaps, the aims of this study are listed as follows. 

      In the first part, I aimed to compare the performance of td-DCS at shorter and larger SDSs 

to evaluate the impact of SDS in monitoring the changes in displacement of scatterers and RBCs 

in superficial and deeper layer of phantom and human tissue.   

      The next part, I aimed to evaluate the correlation of hemodynamic response measured on 

human head by cw-DCS and td-DCS with BOLD-MRI technique in response to BH and HV 

respiratory challenges performed by healthy volunteers.  

      In last part, I aimed to evaluate the correlation between the intravascular perfusion-related 

motion measured by IVIM-MRI versus BFI measured by DCS.  

 

      In line with these aims, following two hypotheses were formulated for this dissertation. 

1) Increasing the source detector separation improves the sensitivity of time domain DCS 

to blood flow changes appearing in deeper tissue layers. 

2) Hemodynamic responses measured by DCS technique correlate well with those 

measured by MRI-based techniques, allowing DCS to serve as an optical tool for 

assessing microvascular blood flow changes. 

 

 

 Thesis outline 
 

The structure of this dissertation is as follows: 

 

Chapter 1: In first chapter, a short presentation of the diffuse optical spectroscopy field as well 

as the aim and hypotheses of this study has been provided.  

 

Chapter 2: In second Chapter, first the theoretical background of the photon propagation in 

diffusive media and, the theoretical aspects of optical techniques used in the thesis including 

td-NIRS, cw-DCS and td-DCS has been presented. Then a detailed description of the 
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experimental setup was described, which followed by the presentation of optical and MRI data 

acquisition techniques. Next, experimental protocols for phantom and in vivo measurements 

carried out for system optimization and evaluation were presented. Finally, data analyses used 

for estimation of the displacement of scatterers, BFI and other hemodynamic parameters were 

explained. 

 

Chapter 3: In chapter three, first, the results of experiments aimed at optimization of the td-

DCS system during series of phantom and in vivo measurements at shorter and larger SDSs 

were presented. Next, results of cross-evaluation of the brain hemodynamic measured by DCS 

modalities and BOLD-MRI have been showed. Finally, the results of the cross-evaluation of 

the IVIM-MRI technique with cw-DCS for estimating the tissue perfusion-related motion and 

blood flow changes were presented. 

 

Chapter 4: In chapter four, the research findings and results, strengths and limitations of the 

study have been discussed and the overall conclusions drawn from the results have been 

presented. 
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2 Methods  
 

 Basics of tissue optics 
 

2.1.1 Photon Propagation in Tissue 
 

The model of photon propagation in an optically turbid medium such as biological tissue based 

on solution of diffusion equations, has been proposed in multiple theoretical works [58, 59]. 

However, this model is simplification of the light propagation as electromagnetic wave, 

described by Maxwell's equations or the laws of geometrical optics. Because of the complexity 

of tissue structure, the inhomogeneity of component elements, and the large number of light 

rays to be considered it is difficult to obtain solutions to Maxwell's equations for such a medium. 

Therefore, several assumptions are considered to simplify this problem and describe the light 

propagation analytically in a scattering samples using photon diffusion theory [60].  

      The radiative transport equation can be simplified to the diffusion equation (Equation 2.1) 

under following assumptions. It can be assumed that the optical source illuminating the sample 

generates the isotropic power distribution of 𝑆 (R, 𝑡), at position 𝑟 and time 𝑡. Furthermore, the 

diffusion approximation can be applied only when the trajectories of the photons reaching the 

detector are completely random. This condition is met when the distance from the emission 

point to the detection point is greater than the transport mean free path of photons 𝑙tr =
1

𝜇s
′ in 

the medium, where 𝜇s
′  is the reduced scattering coefficient of the medium and equals to product 

of scattering coefficient (𝜇𝑠) and (1 − 𝑔), where 𝑔 is the anisotropy factor of tissue (average 

cosine of the scattering angle). Additionally, the amplitude of temporal intensity fluctuation of 

the source must be much smaller than the magnitude of 𝜈𝜇s
′ , where 𝜈 is 𝑐 𝑛⁄  , 𝑐 is the speed of 

light in the vacuum and 𝑛 is the refractive index of the medium. Moreover, the probability of 

the occurrence of the photon scattering phenomena in the medium must be significantly greater 

than the probability of the absorption phenomena i.e. 𝜇s
′ ≫  𝜇a, where 𝜇a is the absorption 

coefficient. When these conditions are met, light propagation in a turbid medium can be 

modeled by the diffusion equation [61, 62]: 

(−𝐷(𝑅)𝛻2 + 𝜈𝜇𝑎(𝑅) +
𝜕

𝜕𝑡
)𝜑(𝑅, 𝑡) = 𝜈𝑆(𝑅, 𝑡)    (2.1) 
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where 𝜑 is the fluence rate at time t at the point defined by vector r, S corresponds to the fluence 

function of the radiation source, 𝜈 is to the speed of light in the medium, 𝐷 =
𝜈

3𝜇𝑠
′ is the diffusion 

coefficient. A detailed description of the derivation of the diffusion approximation from the 

radiative transport equation is presented in [58, 63]. 

 

2.1.2  Time domain near infrared spectroscopy  
 

In time domain NIRS (td-NIRS) technique, tissue is illuminated with an ultra-short pulse laser 

in reflectance geometry. As photons propagate through the tissue, some are absorbed by 

absorbers like tissue chromophores. Some other photons undergo multiple scattering events and 

are scattered by scatterers such as red blood cells. The concentration of absorber and scatteres 

determin the optical propertiese of tissue 𝜇𝑎 and 𝜇𝑠
′ . The detected signal predominantly arises 

from photons that traveled through a banana-shaped sensitivity profile between the source and 

detector [64] (figure 2.1).  

 

Figure 2.1 Photons trajectories between source and detector in a highly scattering medium forms a banana-shaped 

sensitivity profile. When photons propagate through the tissue, some are absorbed (see events in red circles) and 

some undergo multiple scattering events. Black circles mark scatterers and green circles mark absorbers. 

      In diffuse optics, infinite geometry refers to an ideal medium where there are no boundaries 

that affect photon propagation. Therefore, in an infinite homogeneous medium, the influence 

of boundaries on light propagation can be neglected under following conditions: (1) if the point-

source and point-detector are sufficiently far from any boundaries, (2) if the point-source and 

point-detector are embedded within the medium. In these conditions the detected signal depends 

only on the distance between the point-source and point-detector and the optical properties of 
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the medium, without any influence of absorption and scattering from boundaries. For an ideal 

light emitter (generating Dirac pulse), the solution of diffusion equation is as follows [65, 66]: 

𝜑(𝑅, 𝑡) =
𝜈

(4𝜋𝐷𝑡)
3

2⁄
𝑒𝑥𝑝 (−

𝑅2

4𝐷𝜈𝑡
− 𝜇a𝜈𝑡)            (2.2) 

 

      In the semi-infinite geometry, both the source and detector are located on the tissue’s 

surface (𝑧 = 0). The source is perpendicularly located on the medium surface, with a source–

detector separation (SDS) of 𝜌 (figure 2.2). When a light source is introduced into a medium 

with multiple photon scattering, the beam of this radiation can be replaced by an isotropic 

emitter, which is located under the interface. This condition allows the introduction of a dipole 

radiation source, which consists of two points of source located in an infinite homogeneous 

scattering medium. The first point-source is a positive isotropic source located at a depth of 

𝑧0 = 𝑙tr. This source “pushes out” a stream of light from the medium. The second point-source 

is a negative imaging isotropic source located on top of the medium and simulates the extraction 

of radiation from the surrounding space, which hypothetically represents a scattering medium 

extended upwards to infinity. Therefore, between the sources, there must be an extrapolated 

boundary on which the values of radiation power of the sources are equal to zero. Because these 

two hypothetical sources with different polarity simultaneously affect the light fluxes. Since in 

the real case, part of the scattered radiation leaves the medium through its surface, i.e., at z=0., 

extrapolated boundary should be located above the interface between the media, i.e., at a 

distance of 𝑧𝑏. In order to satisfy the zero-boundary condition, a negative imaging isotropic 

source is assumed at 𝑧 = −(𝑧0 + 2𝑧𝑏), where 𝑧𝑏 [58]: 

𝑧𝑏 = 2𝑙𝑡𝑟 (
1 + 𝑅𝑒𝑓𝑓

1 − 𝑅𝑒𝑓𝑓
)              (2.3) 

and 𝑅𝑒𝑓𝑓 is the effective Fresnel reflection coefficient, n is reflective index of the medium [58]: 

 

𝑅𝑒𝑓𝑓 ≈ −1.44𝑛−2 + 0.7𝑛−1 + 0.668 + 6.36 × 10−3𝑛          (2.4) 
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Figure 2.2 The schematic of extrapolated boundary model for photon diffusion in semi-infinite geometry [58].  

 

      For the semi-infinite homogeneous medium, the time-resolved reflectance 𝜑(𝑅sd, 𝑡) 

presenting the number of photons per unit area per time emerging the sample surface at the 

detection point is defined as [65, 67]: 

𝜑(𝑅sd, 𝑡) =
1

(4𝜋𝐷𝑡)
3

2⁄
exp (−𝜇𝑎𝜈𝑡) (𝑒𝑥𝑝 (−

𝑅𝑠𝑑
2 + (𝑧 − 𝑧0)2

4𝐷𝑡
)

− 𝑒𝑥𝑝 (−
𝑅𝑠𝑑

2 + (𝑧 + 𝑧0)2

4𝐷𝑡
))            (2.5) 

 

      Where 𝜈 is to the speed of light in the medium, 𝐷 =
𝜈

3𝜇𝑠
′ is the diffusion coefficient, 𝜇s

′  is the 

reduced scattering coefficient, 𝜇𝑎 is the absorption coefficient, 𝜌 is the actual distance between 

the source and detection point (SDS – source-detector separation), 𝑧0 = 3𝐷 is the effective 

source depth, 𝑧𝑏 is the extrapolated boundary position [67], 𝑅sd = √𝜌2 + 𝑧0
2 is the distance 

between the detection point on the medium surface and the location of the isotropic source (𝑟1 

in figure 2.2).  

      In td-NIRS, ideally is expected that light sources generate ultrashort Dirac pulse with full 

width half maximum (FWHM) of almost zero to illuminate the tissue. However, in practice, 

due to the limitations in the instrumentation, this is not feasible (detailed in 2.2 Instrument- 

Instrument response function measurement).  Figure 2.3 (a) shows a narrow Gaussian laser 

pulse (FWHM ≈ 0.1 ns) generated in MATLAB 2022b [68]. In tissues, photons undergo 
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multiple absorption and scattering events, leading to attenuation and broadening of the laser 

pulse captured by detector. The distribution of time-of-flight (DTOF) describes how many 

photons arrive at the detection point as a function of their travel time through the tissue. Figure 

2.3 (b-d) shows the calculated DTOFs using the NIRFAST 9.1 [16]. The DTOFs were obtained 

from Eq. (2.5) for a semi-infinite homogeneous medium at various SDSs and a range of optical 

properties of the medium.   

      At short SDSs, photons travel shorter paths and primarily sample the shallow tissue layers 

located close to the tissue surface. Measuring at larger SDS causes photons to undergo more 

scattering events and longer path lengths leading to increased probability of detecting photons 

that travel through deeper layers of the tissue. Moreover, an increase in SDS leads to shift the 

DTOF peak to later times as the photon pathlengths increase and also broadens the DTOF. At 

shorter SDSs higher number of photons can be detected, while increasing the SDSs leads to 

decrease the number of detected photons and consequently decrease the amplitude of DTOFs 

[69, 70] (figure 2.3 (b)). 

      Changes in 𝜇a directly influence the shape and amplitude of the DTOF curve. When the 

medium has low 𝜇a, photons travel longer distances before being absorbed, leading to a broader 

DTOF curve with a higher amplitude and higher number of detected photons with long-path. 

In case of high 𝜇a, the light absorption is higher, leading to reduce the DTOF amplitude and 

reduce the number of photons that travelled longer through the tissue, resulting in a narrower 

and steeper DTOF curve [71] (figure 2.3 (c)). 

      𝜇′
s quantifies how light is scattered within the tissue and influences the broadening of the 

DTOF curve. In medium with low 𝜇′
s, photons travel with less scattering events, resulting in a 

narrower DTOF curve with higher amplitude. When the 𝜇′
s is higher, photons undergo more 

scattering events, which increases the paths they travel and delays their arrival time to the 

detector. This leads to a broader DTOF curve with reduced amplitude, a delayed peak, and an 

increased mean time of flight [72] (figure 2.3 (d).  
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Figure 2.3 a) A narrow Gaussian profile laser pulse (FWHM of 0.1 ns) (red), and the DTOF curve in diffuse 

reflectance geometry (blue), describing the number of detected photons as a function of their travel time through 

the tissue (SDS=5 mm, μa = 0.08 mm⁻¹,μs' = 0.8 mm⁻¹). b) DTOFs for varying SDS = 10–30 mm, in 5 mm 

increments with a fixed absorption coefficient (μa = 0.1 mm⁻¹) and reduced scattering coefficient (μs' = 1.0 mm⁻¹). 

c) DTOFs at a fixed SDS (15 mm) and fixed reduced scattering coefficient (μs' = 1.0 mm⁻¹) for varying absorption 

coefficients (μa = 0.08–0.12 mm⁻¹, in increments of 0.01 mm⁻¹). d) DTOFs at a fixed SDS (15 mm) and fixed 

absorption coefficient (μa = 0.01 mm⁻¹) for varying reduced scattering coefficients (μs' = 0.8–1.2 mm⁻¹, in 

increments of 0.1 mm⁻¹). The DTOF curves have been calculated using NIRFAST 9.1 [16]. 

 

2.1.3 Diffuse correlation spectroscopy 
 

     DCS is sensitive to the displacement of scatterers over time. In this technique a long 

coherence length laser is used to illuminate the tissue. The long coherence length is required to 

maintain the coherency of the scattered photons to enable interference at the detection point. 

Thus, the temporal coherency of the laser light is an important factor in developing the 

instruments [73]. The detected photons from a medium with moving scatterers are diffused with 

constructive and destructive interferences that cause spatial and temporal variations of the light 

intensity or the so-called speckle pattern, shown in figure 2.4. However, in DCS technique, the 

temporal variation of the light intensity is being detected.  
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Figure 2.4 The displacement of scatterers causes fluctuations of the scattered light over time t or so-called speckle 

pattern. The blue circle is considered as the position of the single mode detection fiber’s tip which collects the 

scattered photons. 

 

2.1.4 Continuous wave diffiuse correlation spectroscopy (cw-

DCS):  
 

A conceptual sketch of the cw-DCS technique is presented in figure 2.5. The banana-shaped 

sensitivity profile between the source and detection points, defines where displacements of 

scatterer (e.g., RBC) affects the estimated BFI (figure 2.5 a). In cw-DCS, where a continuous 

wave laser is used to illuminate the tissue, the detected signal contains contributions of scattered 

photons from moving red blood cells in both superficial and deeper tissue layers (figure 2.2 b). 

Therefore the intensity autocorrelation function (𝑔2) is calculated from all photons that 

travelled with various paths in the medium [30]. The decay of the 𝑔2 contains information on 

the displacements of the scatterers in time expressed with mm2 s⁄ . Then 𝑔2 calculated from 

photons travelled different path through the medium is fitted to 𝑔2 calculated from theory to 

estimate the displacement of scatterers [74, 75] (figure 2.5 c).  
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Figure 2.5 a) Photon trajectories between source and detection points in a two-layered highly scattering medium 

forms a banana-shaped sensitivity profile. The solid and dashed red arrows present the scattered photon’s path at 

time t and 𝑡 + 𝜏, respectively. The green arrows present the displacements of scatterers between time t and 𝑡 + 𝜏. 

The blue and green dots present the scatterers at time t and 𝑡 + 𝜏, respectively. b) The light intensity fluctuations 

detected from a continuous wave laser contained scattered photons from both superficial and deeper layers. c) The 

intensity autocorrelation function  𝑔2 calculated from theory (black solid line) is fitted to 𝑔2 calculated from the 

photons that travelled different path through the medium (orange circle marks) to estimate the mean squared 

displacement of scatterers in time. 

      The 𝑔2 quantifies the intensity fluctuations of the speckle pattern over time, caused by 

displacement of scatterers [76]: 

 

𝑔2(𝜏) =
 〈𝐼(𝑡)𝐼(𝑡 + 𝜏)〉

〈𝐼(𝑡)〉2
      

(2.6) 

 

where 𝑡 is the data collection time, 𝐼(𝑡) is the light intensity at time 𝑡, and 𝜏 is the lag time. 

Equation (2.6) can be linked to the electric field autocorrelation function (𝑔1(𝜏)) by the Siegert 

relation [77]: 

 

𝑔2(𝜏) = 1 + 𝛽|𝑔1(𝜏)|2 (2.7) 
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where 𝛽 is the coherence parameter depending on the laser coherence length and the number of 

modes in the detection fiber [29]. Parameter 𝛽 also depends on the loss of temporal coherency 

of the detected light caused by moving scatterers [39, 78]. In cw-DCS technique in which a 

long coherence length laser is used, photon detection with a single mode fiber gives 𝛽 = 0.5 

for the unpolarized light [79]. In cw-DCS technique, the 𝑔1(𝜏) can be expressed as [76]: 

𝑔1(𝜏) = ∫ 𝑃(𝑠) 𝑔1(𝜏, 𝑠)
∞

0

d𝑠 
(2.8) 

 

where 𝑃(𝑠) is the normalized path length distribution of photons propagating trough the 

medium and is calculated from the analytical solution of the diffusion equation in a semi-infinite 

medium. The electric field autocorrelation function (Equation 2.8) for a single pathlength, 𝑠, at 

a lag time, 𝜏, in a scattering medium is given in [80]: 

𝑔1(𝜏) = exp (
1

3
𝑘2𝑠𝜇s

′ 〈∆𝑟2(𝜏)〉) 
(2.9) 

  

where 𝑘 =
2𝜋

𝜆
 is the light wavenumber in the medium, s is the photon path length, and 

〈∆𝑟2(𝜏)〉 = 6𝐷b𝜏 is the mean square displacement of the scatterers at lag time 𝜏 [81, 82], where 

𝐷b is the diffusion coefficient with the unit of cm2

s⁄  or mm2

s⁄  [83]. In DCS, the 𝐷b represents 

the effective diffusion coefficient of moving scatterers (primarily red blood cells) rather than 

the true Brownian diffusion coefficient. In biological tissue, scatterer motion is dominated by 

flow and shear-induced dynamics, not purely Brownian motion, so 𝐷b serves as a parameter 

proportional to blood flow rather than a direct measure of Brownian diffusion constant. In 

measurements on phantoms the product of α𝐷b is the measure of the mean squared 

discplacement of scatterers in time, where 𝛼 refers to the fraction of moving scatterers to total 

number of scatterers (ranging from 0 to 1). In measurements on tissues the α𝐷b represents BFI 

of the tissue. The values of α𝐷b of tissues typically falls in the range of ~10−6 mm2

s⁄  [84, 85]. 

As phantoms should mimic the tissue propertiese, they have to be prepared to have α𝐷b within 

the range of ~10−6 mm2

s⁄ .  

 

 



18 
 

2.1.5 Time domain Diffuse Correlation Spectroscopy (td-DCS):  
 

cw-DCS lacks the ability to distinguish blood flow changes appearing in superficial and deeper 

tissue layers. It also cannot estimate the medium’s optical properties unless multiple SDSs and 

advanced reconstruction algorithms are applied [86]. To improve the DCS technique sensitivity 

to distinguish the blood flow changes in superficial and deeper layers of tissues, td-DCS has 

been suggested. In this technique a pulsed laser is used to illuminate the tissue, enables to 

estimate the blood flow changes in superficial and deeper layers of tissues (figure 2.6 a). In td-

DCS, using time gating strategy, the photons can be differentiated based on their TOF, 

associated with varying paths travelled in tissue [29] (figure 2.6 b). In this strategy, considering 

lower displacement of scatterers in superficial layer, the photons captured in early gate, enables 

the calculation of the autocorrelation function of the selected photons scattered from superficial 

layer of tissue. Considering higher displacement of scatterers in deeper layer, the photons 

captured in late gate, enables the calculation of the autocorrelation function of the selected 

photons scattered from deeper layer of tissue (figure 2.6 (c)). In td-DCS technique, the 

sensitivity to the displacement of scatterers in deep layer can be improved by analysing photons 

with a higher time of flights (longer pathlengths) which interrogate deeper layers. The measured 

DTOF, also provides insights into the sample's optical properties, such as absorption and 

reduced scattering coefficients. 
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Figure 2.6 a) Photon trajectories in a two-layered highly scattering medium, where the mean squared displacement 

of scatterers in time in deeper layer is more than superficial layer. The illustration shows photon paths (red and 

blue), photon traveling through more superficial layers (solid arrows with red paths) has a shorter TOF than 

photons penetrating deeper into the tissue (solid arrows with blue paths). The dashed arrows present the scattered 

photon’s path at time t and t + τ respectively. The green dashed arrows present the displacements of scatterers 

between time t and t + τ. The dark blue and light blue dots present the scatterers at time t and 𝑡 + 𝜏, respectively. 

b) Time-gating strategy, enables to distinguish photons based on their time of flight, which facilitates c) calculating 

the autocorrelation function of photons travelled shorter (early time gate, red) and longer (late time gate, blue) 

paths through the tissue. 

 

      In the td-DCS technique, two times are measured for each detected photon including time 

of flight (𝑡s) and absolute arrival time (t). The time 𝑡s is time that photons travel from the source 

to the detector and is used to build the DTOF. Dividing the DTOF into different time gates 

allows differentiation of the photons traveling through the tissue with various paths [29]. The 

time t corresponds to the absolute arrival time since the start of the measurement. So the 

normalized intensity autocorrelation function 𝑔2(𝑡𝑠, 𝜏), is defined as [87]: 

 

𝑔2(𝑡𝑠, 𝜏) =
〈𝐼(𝑡s, 𝑡)𝐼(𝑡s, 𝑡 + 𝜏)〉

〈𝐼(𝑡𝑠, 𝑡)〉2
 

(2.10) 
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where τ is the lag time, 𝐼(𝑡s, 𝑡) is the intensity fluctuation of the detected light composed of 

photon travelling 𝑡s pico seconds between the source and detector and arrived t seconds since 

the start of data collection. ⟨…⟩ operator stands for the temporal averaging. The 𝑔2(𝑡s, 𝜏) can 

be linked to the 𝑔1(𝑡s, 𝜏) through the Siegert relation (equation 2.10) [77, 88]. The pulsed laser 

with short pulse required for td-DCS has lower coherence length compared to the continuous 

wave laser utilized in cw-DCS technique. Low coherence length of the pulsed laser leads to 

various β across TOF. Consequently, in the case of td-DCS, β depends on the width and the 

position of the time gate as well [29, 39]. Considering a semi-infinite tissue model, the 𝑔1(𝜏) 

at a given time gate between the 𝑡𝑠1 and 𝑡𝑠2 is modelled by the following equation [89, 90]: 

𝑔1(𝑡𝑠2 − 𝑡𝑠1, 𝜏) = ∫ 𝑃(𝑡s)exp ( 
1

3
𝑘2𝑠𝜇s

′ 〈∆𝑟2(𝜏)〉)
𝑡𝑠2

𝑡𝑠1

d𝑡s               (2.11) 

where 𝑃(𝑡s) is the normalized path length distribution of photons propagating trough the 

medium and is calculated from the analytical solution of the diffusion equation in a semi-infinite 

medium (equation 2.5) [90, 91]. 

      In both cw-DCS and td-DCS, the decay rate of 𝑔1 is linked to the particles' mean squared 

displacement [92]. Slow decay and fast decay refer to lower and higher 𝛼𝐷b, respectively 

(figure 2.7 (a)). Same as in td-NIRS, in DCS techniques, SDS determines the length of detected 

photons’ paths travelled through the medium, which in turn affects the autocorrelation curve. 

At shorter SDS (e.g., 5−15 mm), the photons that typically probes more superficial layers of 

tissue are detected. Photons traveling shorter paths through the medium lead to slower decay of 

the autocorrelation curve. At larger SDS (e.g., 20 – 30 mm), the probability of detecting photons 

that penetrate deeper into the tissue is increased. At larger SDS, photons travel longer distances, 

and experience more scattering events, leading to faster decay of autocorrelation curve [93, 94] 

(figure 2.7 (b)).  

      An increase in 𝜇𝑎 reduces the photon travel time, as photons are more likely to be absorbed 

before they can contribute to the detected signal. This leads to the slower decay of the 

autocorrelation curve. When 𝜇a is lower, more photons can survive the path between source 

and detector, and increases the number of photons that can be detected from deeper layer 

leading to faster decay of autocorrelation curve [76, 83] figure 2.7 (c). 

      As 𝜇s
′  increases, photons experience more scattering events, which leads to more rapid 

decorrelation of the scattered light and causes the autocorrelation curve to decay faster. When 

𝜇s
′  is lower, photons scatter less frequently, leading to a slower decay in the autocorrelation 

curve [76, 83] figure 2.7 (d). 
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Figure 2.7 Effect of a) changes in mean squared displacements of scatterers in time, b) source-detector separation 

(SDS), c) absorption coefficient (𝜇𝑎), and d) reduced scattering coefficient (𝜇𝑠
′ ) on the decay of electric field 

autocorrelation curve (𝑔1). The 𝑔1 has been calculated using NIRFAST 9.1 [16]. 

 

 Instrumentation  
 

The optical hybrid DCS system was equipped with a picosecond pulsed laser, a continuous-

wave laser, single photon avalanche diodes, time-correlated single photon counting electronics, 

optical emission and detection fibres and PC. 

 

Pulsed laser: In this study, a VisIR-765-HP "STED" laser (PicoQuant, Germany) was used, 

operating at the wavelength of 765nm with an 80MHz repetition rate and a coherence length of 

~ 3.5cm. The information on the laser coherence length was provided by the laser manufacturer 

and was also reported for this laser in reference [95].   

Continuous wave laser: The optical hybrid DCS system is equipped with a continuous-wave 

(DL785-100-SO) (Crystalaser, USA) with the wavelength of 785nm and a coherence length of 

> 10 meters [96].  

Detectors: At the detection side of the optical DCS system, the single photon avalanche diode 

(SPAD) (PDM, Micro Photon Devices, Picoquant, Germany) is used. SPAD detectors are a 

silicon-based device known for its high quantum efficiency. This detector can detect photons 

with timing resolution <50ps and 77 ns dead-time. The quantum efficiency of the detector at 
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the wavelength of 550nm is 49 % [97]. 

Emission optical fiber: The light from both pulsed laser and continuous wave laser was coupled 

to the graded index multi-mode (MM) fibers using a collimator. The used MM fibers have 

600μm core diameter and 0.39.   

Detection optical fiber: In DCS, the single mode (SM) fibers are used as a detection fiber 

because the diffused reflected light should be collected from a single speckle. In this study SM 

fibers (780HP, Thorlabs, USA) with 4.4μm core diameter were used to connect to the SPADs.  

Photon time tagging: The time-correlated single photon counting (TCSPC) boards (SPC-150, 

Becker & Hickl, Germany) were used to time-tag each detected photon. These boards were 

synchronized to the pulsed laser for a timing reference. TCSPC module records the absolute 

arrival time of each photon from the beginning of the measurement, called macro time (𝑡). The 

TCSPC module also records TOF from a specific laser pulse, called micro time (𝑡s). The 

TCSPC used in this study, provides 3.05ps (12.5 ns/4096 time bins) temporal resolution for 

micro time to assess the DTOF and approximately 12.5ns time resolution for macro time [98] 

to assess the autocorrelation. The TCSPC boards were connected to the PC with a PCIe port.  

 

 

Figure 2.8 Schematics of the DCS system. SPAD: single-photon avalanche photodiodes, TCSPC: time-correlated 

single-photon counting. SM fiber: single-mode fiber, MM: multi-mode fiber. ND filter: Natural density filter. 

Instrument response function measurement: Instrument response function (IRF), refers to the 

temporal broadening of the detected pulse introduced by the experimental setup components 
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including light source, detector and electronic components. As laser pulse shape depends on the 

laser power, the IRF was measured at the same laser power, which was used for both phantom 

and in vivo measurements. The full width at half maximum (FWHM) of the IRF of td-DCS part 

was 560ps, measured by positioning the tips of the source with collimator and detection fibers 

facing each other. A sheet of white paper covered the detection fiber tip to fill up the whole 

numerical aperture of the fibers [99]. To reduce the laser power and prevent TCSPC photon 

count overflow while measuring the IRF, neutral density (ND) filters were placed between the 

detection fiber tip and the collimator coupled to the laser source fiber tip. The count rate to 

prevent the TCSPC photon count overflow (detail in 2.3.1 optical data acquisition - Data 

acquisition) was 170k photons per second. The distance between the source and detection 

fibers’ tip, introduced by the thickness of ND filter and a paper sheet was negligible ( ≈ 3mm) 

and therefore, was not considered in the data analysis. 

Fibers for simultaneous DCS and MRI scanning:  The 8-m optical fibers connected to the 

optical hybrid DCS system were routed from a port in the control room through a tunnel in the 

scanner room (figure 2.9). The equipment used in the scanner room including the objective, 

prism, optical fiber, probe, and elastic bandage didn’t have detectable magnetic susceptibility 

that could contaminate the MRI signal. This was verified in real time during the measurements 

using a monitor connected to the scanner. This real time monitoring allowed continuous 

observation while the subjects’ head, muscle, and tissue-mimicking phantom were positioned 

in the MR coil. 

 



24 
 

 

Figure 2.9 The 8-meter optical fibers were routed from control room to scanner room, mounted on a non-magnetic 

holder and were placed on the subjects’ head. The pulse oximeter sensor was attached to the index finger of 

volunteers.  

 

 Data acquisition  
 

2.3.1 Optical data acquisition  
 

Data acquisition: The SPCM Data Acquisition Software (Multifunctional 64-bit Data 

Acquisition Software, Becker & Hickl) was used to record the signals. In SPCM, the FIFO 

(First-In, First-Out) mode, was used to time tag photons and record each individual photon’s 

macro and micro time. An experiment can be run over a time of seconds, minutes, or hours. At 

the output, the FIFO memory is continuously read by the software. Because the number of bits 

to save the macro time is limited, the macro time may overflow during the recording. For photon 

numbers larger than the FIFO size the maximum average count rate is determined by the rate 
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at which the computer is able to read the FIFO. If the computer does not record the events on 

memory card faster than the photon detection events by SPAD, FIFO overflow can occur. FIFO 

overflow causes loss in counting photons and other information written into the FIFO during 

the measurement procedure [98]. The SPCM software can show the overflow warning during 

the data acquisition. Based on my experience during both phantom and in vivo measurements, 

if the photon counts excessed 170⋅000 counts per second, the overflow happened. In this study, 

to prevent overflow, the photon count rate was adjusted to be around 170⋅000 counts per second 

(detailed in next paragraph).  

 

Experimental setup of evaluation the td-DCS performance at shorter and longer SDSs: The 

first series of the experiments were performed with the aim of optimization of the td-DCS part 

of the optical system, and to evaluate its performance at shorter (1.5 cm) and larger (2 and 2.5 

cm) SDSs. As laser pulse shape and pulse width changes in various laser power, all 

measurements were conducted at the same laser power of 256mW. Therefore, the natural 

density filter (ND) filters were used at the laser output in order to attenuate the light. The 

measurements at each SDS required a different ND filter. To prevent FIFO overflow, ND filters 

were placed in front of the laser beam. However, for in-vivo measurements at larger SDSs, due 

to lower number of the detected photons, the FIFO overflow wasn’t observed. To apply high 

laser power, a beam expander (F810SMA-780, Thorlabs) (figure 2.10 a) was used to enlarge 

the illumination area to 13mm in diameter which allowed to be in line with the safety 

regulations for the safe skin exposure as the averaged power density per unit time should not 

exceed 2.7 mW/mm2 (at the wavelength of 760nm) [100]. The use of beam expander allowed 

delivery of light with averaged power density per time of 1.9mW/mm2 to the sample surface. 

Manufacturer of the utilized beam expander reports Gaussian profile of light delivered by the 

beam expander. The power density was calculated from the ratio of the laser power (256mW) 

to the area illuminated by the beam expander. To improve the signal to noise ratio (explained 

in details in 2.5 Data analysis approaches - DCS techniques), four SPADs were used at each 

SDS. As shown in figure 2.10 b, the SDSs were measured from the centre of the illumination 

area to the centre of the SM fiber tip. All four SM fibers were located at the same SDS.  
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a  

 

b  

Figure 2.10 a) The position of the collimator (F810SMA-780) used as beam expander in the fiber holder. Here the 

SDS is 1.5cm. b) The top view of the fiber holder showing the fibers’ position. The distances from source to 

detector are 1.5, 2 and 2.5 cm. The distance between the SM fibres’ tips is 3.5mm which is the shortest possible 

distance due to the diameter of outside jacket of the fiber’s.  

Experimental setup of the cross evaluation of DCS and BOLD-MRI: Same as in the first 

series of experiments, the pulsed laser was applied with the averaged laser power per unit time 

of 256mW. A beam expander compatible for MRI environment was designed using Aspheric 

Lens (AL1512 - Ø15 mm S-LAH64, THORLAB, Germany) for td-DCS experiments. The 

shield to hold the lens was designed with the fusion Autodesk software and printed using 

Zortrax m200 3D printer (Zortrax, Poland). This custom designed beam expander was used 

again to increase the illumination area of pulsed laser to ~13mm diameter, to ensure the 

averaged laser power per unit time (1.9mW/mm²) remained below the safe threshold (i.e., < 

2.7mW/mm²). To satisfy the tradeoff between sufficiently large SDS to detect photons 

penetrating deeper layers of the tissue and sufficiently enough number of detected photons, both 

cw-DCS and td-DCS [39] were applied at SDS of 2cm. The SDSs were estimated as a distance 

from the center of the expanded beam to the tip of the detection fibers (figure 2.11). To improve 

the signal to noise ratio in td-DCS technique (explained in details in 2.5 Data analysis 

approaches - DCS techniques), three SPADs were used to detect the signals. All three SM fibers 

were located at the same SDS. The signal from cw-DCS was detected using one SPAD.  
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Figure 2.11 a) The side view of designed cw-DCS and td-DCS beam expander. b) The schematics of cw-DCS and 

td-DCS optical probe with the fibers’ position in the optical fiber holder. (c) The SDS was 2 cm and calculated 

from the center of the expanded beam to the tip of the detection fibers. In td-DCS probe, three SM fibers were 

located at the same SDS. The distance between the SM fibers was 3.5 mm which is the shortest possible distance 

due to the diameter of outside jacket of the fiber’s. The length and width of the optical probes are 6 × 3.5 𝑐𝑚 and 

the thickness is 2 mm.  

Experimental setup of the cross evaluation of IVIM-MRI and cw-DCS: The third series of 

experiments were performed to cross evaluate the IVIM-MRI and cw-DCS in measuring tissue 

blood perfusion/flow. The picosecond pulsed laser and continuous-wave laser were used as the 

sources to measure optical properties and displacement of scatterers, respectively. Same as in 

the second series of experiment, a small prism was used to enlarge the illumination beam of the 

continuous wave laser. This solution enabled to use higher incident power of 60 mW while the 

applied power density of 0.6mW/mm² remained within safety limits for skin exposure [100]. 

To satisfy the tradeoff between sufficiently large SDS to detect photons which penetrated in the 

deep layers of the medium and sufficiently enough number of detected photons, the 

measurements were carried out at SDS 2 cm (detailed in 2.5.4 Intra voxel incoherent motion 

MRI - Region of interest of DWI image). To improve the signal to noise ratio (explained in 

details in 2.5 Data analysis approaches - DCS techniques), two SPADs were used. Two SM 

fibers were located at the same SDS (figure 2.12).  

 

Figure 2.12 Schematics of the optical probe for simultaneous measurements of IVIM-MRI and cw-DCS. The SDSs 

were 2 cm and calculated from the center of the expanded beam to the tip of the detection fibers. Two SM fibers 

were located at the same SDS. The distance between the SM fibers was 3.5 mm which is the shortest possible 

distance due to the diameter of outside jacket of the fiber’s. TRS: time resolved spectroscopy. DCS: diffusion 

correlation spectroscopy. 
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2.3.2 MRI data acquisition 
 

BOLD-MRI: The BOLD-MRI imaging was performed using the GE MRI Discovery MR750w 

magnetic resonance scanner with a magnetic field induction of 3T. An 8-channel head coil was 

used to acquire the signal. The T1-weighted sequence was an accelerated sagittal IR-FSPGR 

(Inversion Recovery – Fast Spoiled Gradient Echo), with the inversion recovery component 

applied to suppress the signal from fat tissue. In the T1 weighted image, the sequence 

parameters include a slice thickness of 1.2 mm, no spacing between slices, echo time (TE) of 

2.92 ms, repetition time (TR) of 6.928 ms, and an inversion time of 400 ms in plane resolution. 

The flip angle was set to 11 degrees to optimize the signal-to-noise ratio and tissue contrast. 

The T2 weighted sequence images were acquired with a slice thickness of 1.2 mm, 0.6 mm 

spacing between slices, TE of 87ms, and a TR of 2.5 seconds. The protocol employed a 90-

degree flip angle and echo train length of 100. T2-weighted images were acquired as 

supplementary data to support comprehensive radiological assessment. The CUBE T2 sequence 

reconstruction matrix was interpolated using zero filling method from 320 × 320 to 512 × 512 

which resulted in 0.5 × 0.5 plane resolution. The voxel bandwidth in both structural images 

was set to 244 Hz. The MRI sessions were acquired using an echo planar imaging sequence 

with a TR of 2.5 s, TE of 25 ms, slice thickness of 3 mm, and no gap between slices. The field 

of view (FOV) was 19.2 × 19.2 cm, with both acquisition and reconstruction matrices set to 64 

× 64 pixels, resulting in an in-plane resolution of 3 × 3 mm² and isotropic voxels of 3 × 3 × 3 

mm³. A total of 47 slices and 144 volumes were acquired. 

 

IVIM-MRI: IVIM-MRI measurements were performed using a 3T GE Discovery MR750w 

scanner (GE Healthcare, USA) equipped with an 8-channel knee coil. The MRI data acquisition 

included 17 non-zero b-values (10, 20, 30, 60, 90, 120, 150, 180, 210, 240, 300, 500, 700, 1000, 

1200, 1350, 1500 s/mm²), measured in three orthogonal directions and one 𝑏0 image [102]. b-

value refers to the weighting of the diffusion of the MR pulse sequence and is determined by 

the magnitude and timing (duration and separation) of the diffusion gradients [103, 104]. It was 

tried to select b-values that were accessible on the scanner and were close to an optimized set 

[105]. A single-shot 2D echo-planar imaging DWI sequence was used to acquire the data. Each 

acquisition took approximately 2 minutes for both phantom and muscle occlusion experiments.  

      The imaging parameters of the tissue mimicking phantom imaging were as follows: TR = 

4000 ms, TE = 69.4 ms, FOV = 64 × 128 mm², slice thickness = 10 mm, in-plane resolution = 

2 × 2 mm², matrix size = 32 × 64, number of excitations = 4 (This parameters represent the 
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number of times each line of k-space data is acquired and are primarily used to improve the 

signal-to-noise (SNR) ratio), and Pixel Bandwidth= 7812.5 Hz/px. The MRI scanner room 

temperature was maintained at 22°C during the entire of phantom imaging. 

      The imaging parameters of muscle occlusion test were as follows: TR = 6000 ms, TE = 97.1 

ms, FOV = 128 × 128 mm², slice thickness = 10 mm, in-plane resolution = 2 × 2 mm², matrix 

size = 64 × 64, number of excitations = 1, and Pixel Bandwidth = 7812.5 Hz/px.  

 

 Experimental protocols 
 

2.4.1 Physical phantom 
 

Homogenous and Two-Layered Phantoms: A one-layered (homogenous) (Figure 2.13 a) and 

two-layered (Figure 2.13 b) 3D containers were designed using fusion Autodesk software and 

printed using Zortrax m200, from black ABS material. The two-layered container was designed 

with various superficial layer thicknesses. The layers were separated using a transparent thin 

film (Mylar sheet with the thickness of 23 μm). The thickness of superficial layer was set to be 

0.5 cm, 1 cm and 1.5 cm according to the typical scalp and skull thickness of adults’ head 

following [106, 107].  

      The mixtures to fill the containers, were made using a lipid-based liquid SMOFlipid 

(Fresenius Kabi, Poland), distilled water, as well as glycerol (Vegetable Glycerin 99.5% 

pharmaceutical grade, Bioswena, Poland) to slow down the displacements of scatterers in the 

phantoms. SMOFlipid is a highly scattering fatty emulsion that consists of spherical oil droplets 

within a lipid membrane with ~0.5 𝜇𝑚 diameter [108]. The mixtures representing the 𝛼𝐷b
fast 

and 𝛼𝐷b
slow were prepared without glycerol and using the 40% glycerol concentration, 

respectively. As the absorption properties of the medium has minor influence on the recovered 

𝛼𝐷b [84], no absorber was added to the mixtures. To adjust the desired reduced scattering 

coefficient, different concentrations of SMOFlipid were added to each mixture according to the 

recipe described in [109, 110]. The optical properties of all phantoms, measured by time domain 

part of the optical hybrid system, were μa = 0.003 mm-1 and μ′s = 1 mm-1. 

      For td-DCS characterization at shorter (1.5 cm) and larger (2 and 2.5 cm) SDSs, three series 

of phantom measurements were conducted. First, the 𝛼𝐷𝑏 of the two homogenous phantoms 

with 40 and 0 % glycerol concentration were measured separately. Then measurements were 

performed on the two-layered phantom, with 40% glycerol concentration in the superficial layer 
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and no glycerol in the deep layer. In the final step, the top layer was filled with a mixture 

containing no glycerol, and the 40% glycerol mixture was used to fill the deep layer. The 

measurements on two-layered phantom were performed at three different top layer thicknesses 

at each three SDSs.  

      The cw-DCS and td-DCS ability to recover the 𝛼𝐷𝑏 changes in superficial and deeper layer 

of two-layered phantoms were also evaluated and compared. To do that the same series of 

measurements were conducted at three different top layer thicknesses, however at the fixed 

SDS of 2 cm.  

a  

b  

 

Figure 2.13 Schematic of containers used for a) homogenous phantom and b) two-layered phantom with possibility 

to put the optical probe in various distance from the Mylar sheet, to mimic upper layers with different thicknesses. 

The container was filled with mixture to match the level of fluid with the upper surface of the optical probe.  
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Tissue Mimicking Phantom: To cross evaluate the parameters measured by IVIM-MRI and  

flow index measured by cw-DCS in monitoring the water molecules and scatterer displacements 

within a controlled medium, a series of measurements were performed on a tissue-mimicking 

phantom. A 3D container was designed using fusion Autodesk software and printed using 

Zortrax m200 from black ABS material. The container was designed with parallel holes to pass 

the transparent silicon tubes with the inner diameter of 1 mm representing a simplified model 

of tissue with vessels. The phantom was designed with three rows of tubes located at different 

depths in respect to the probe. The first, second, and third rows of tubes were placed at depths 

of 0.5, 1, and 1.5 cm from the surface of the mixture, respectively. The tubes were threaded 

multiple times through the phantom, bending around the structure to ensure identical and 

controlled flow rates in all segments (figure 2.14 a). The distances between the centers of tubes 

was 1 cm. 

      Within a liquid only the Brownian motion of scatterers is expected to occur. In order to 

mimic the blood flowing through the vessels, silicon tubes were connected to a programmable 

syringe pump (NE-1000 Programmable Single Syringe Pump), which permits generating the 

desired pump flow rates (𝐹pump). In this study, six 𝐹pump of 1 to 6 mm3/s with the step of 1 

were applied within the tube. The 𝐹pump were calculated from the multiplication of 𝐴cs × 𝑉pump 

[111] where 𝐴𝑐𝑠(mm2) and 𝑉pump(mm s⁄ ), refer to the cross-sectional area of the tube and the 

pump velocity respectively. Each series of measurement including baseline and six 𝐹pump was 

repeated five times to ensure the repeatability. The outflow was connected to a reservoir and 

allowed to drain freely.  

      The container was filled with an agar-gel mixture, doped with NiCl3 (figure 2.14 c). To 

prepare the mixture, it was heated while being stirred to completely dissolve the agarose. Then 

the SMOFlipid 20 (Fresenius Kabi) was added to the mixture to obtain a turbid material with 

reduced scattering coefficient of μ′s = 1 mm-1 and absorption coefficient of μa = 0.003 mm-1. 

The mixture was poured into the container to cool down and solidify. The liquid mixture to 

pump through the tubes was also prepared using SMOFlipid as the scatterers (i.e., mimicking 

the RBCs) and distilled water. Since the absorption property of the sample doesn’t significantly 

affect the scatterers displacements and consequently recovered 𝛼𝐷b [84], no absorber was 

added to the mixtures. The measured optical properties of these mixtures were μa = 0.003 mm-1 

and μ′s = 1 mm-1. The optical properties were measured by time domain part of the optical 

hybrid system.  
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      Before each measurement, the entire phantom was visually inspected for air bubbles and 

vented if necessary. The source and detector fibers of cw-DCS technique, were confined in a 

black 3D printed holder and were placed on the surface of the container. The distance between 

the first raw of tubes and the optical fiber’s tip was 5 mm. As reported in [112], the position of 

the source and detector, parallel or perpendicular to the tubes’ direction doesn’t significantly 

influence the 𝐹𝐼DCS.  

  

(a)  

(b)     

Figure 2.14 a) The tissue mimicking phantom has the dimension of dimension of 16 × 14 × 5.5 cm in length, 

width, and depth respectively. b) The top view of the container filled with the agar-gel mixture doped with NiCl3. 

The mixture filled the container to match the level of fluid with the lower surface of the optical probe.   

      In diffusion theory, the zero-boundary (or extrapolated zero) condition assumes that when 

photons reach to the boundary of medium, they are absorbed. However, in the homogenous, 

two-layered and tissue mimicking phantom utilized in this study, the upper part of phantoms, 

where the optical probe is located, is open. Therefore, some photons may scatter out or inside 
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the phantom from the surface of mixture which doesn’t satisfy the zero-boundary condition. 

However, not fulfilling this condition has minimal effects on the results of measurements. 

 

2.4.2 In vivo experiments protocol 
 

 

 

Muscle occlusion test:  The occlusion trial involves placing a cuff pressure (tourniquet) around 

the upper arm (or forearm), inflating it to occlude arterial and/or venous blood flow for a certain 

duration, then releasing it. This causes a transient period of ischemia (reduced flow), followed 

by a reactive hyperaemia (flow increase) once the cuff is released [113, 114]. The occlusions 

were obtained using a standard leg and arm occlusion cuff with air pump allowing to pump the 

cuff to a defined pressure manually. The widths of occlusion cuff for leg and arm were 12 and 

17 cm, respectively. 

Respiratory challenges: Hypercapnia or Breath hold (BH) is a state of elevated carbon dioxide 

levels in the blood and is usually caused by breathing slower than normal or stop breathing. BH 

results in vasodilation and increasing the CBF. Conversely, hypocapnia or Hyperventilation 

(HV) is a state of decreased carbon dioxide in the blood, generally resulting from deep and 

rapid breathing than normal. HV is usually achieved by inducing mild to severe hypocapnia, 

which involves reduction in partial pressure of arterial carbon dioxide (PaCO2) in the brain 

[115, 116]. HV induces significant vasoconstriction in cerebral arterioles and decreasing CBF 

and cerebral blood volume [117]. BH and HV are systemic rather than regional or local 

stimulations that induce cerebrovascular responses. They are commonly used to evaluate the 

ability of DCS systems to monitor CBF changes [118, 119], as well as in BOLD-MRI studies 

of cerebral hemodynamics [120, 121]. Previous studies involving healthy volunteers have 

shown that such BH and HV protocols do not cause significant discomfort under the protocols 

performed in this study [122, 123]. The Valsalva maneuver is a forced expiratory effort against 

a closed airway, usually done by trying to exhale forcefully while keeping the mouth and nose 

closed [124].  

Bioethical approval: The study protocol received approval from the Bioethics Committee of 

the Military Medical Chamber in Warsaw, Poland (Approval No. 17/23). All participants gave 

written informed consent and signed the study agreement prior to enrolment. 

In vivo measurements protocol for comparison of td-DCS performance at shorter and larger 

SDSs: To evaluate the measured BFI by td-DCS at three different shorter (1.5 cm) and longer 

(2 and 2.5 cm) SDSs, the occlusion test was performed on the forearm of healthy adult 
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volunteers, separately in both left and right arms. Data in each occlusion test was acquired using 

the following time acquisition: 60 s baseline followed by 40 s arterial occlusion (180 mmHg 

cuff pressure) and 60 s release (Figure 2.15 a). This protocol was repeated twice at each SDS 

separately. Four healthy adult volunteers (three females, one male, mean age 32 years) 

participated in this study.  

      To evaluate td-DCS performance at shorter (1.5 cm) and larger (2 and 2.5 cm) SDSs in 

monitoring the CBF changes, the BH and HV respiratory challenges were performed by 

volunteers, which respectively elevate and decrease intravascular deoxyhemoglobin (HbR) 

concentrations [125, 126]. Following, the volunteers were asked to do Valsalva maneuver.  

      The BH task consisted of a 60-second baseline, 30-second breath-hold without initial 

inspiration or expiration, and 60-second recovery (figure 3.15 b). The HV task began with a 60-

second long baseline, followed by a 40-second effort to exhale and inhale fully to maximize 

respiratory exchange ratio and recovery in the 60s (figure 3.15 c). The Valsalva task began with 

a 60-second baseline period, followed by a 20-second forced exhalation while keeping the 

mouth and nose closed, and ended with a 60-second recovery period (figure 3.15 d). Each task 

was repeated twice in each trial for each SDS. 

      Six healthy adult volunteers (four females and two males, mean age 36 ± 𝑆𝐷 years) 

participated in BH and HV respiratory challenges and four of them were able to perform 

Valsalva manoeuvre successfully. In both occlusion and respiratory challenges volunteers were 

sitting on an armchair with body angle of almost 130o.  



35 
 

a  

b  

c  

d  

Figure 2.15 The schematics of measurement protocols for a) forearm occlusion test, b) BH test, c) HV test, and d) 

Valsalva used for evaluation of the td-DCS performance in monitoring the tissue blood flow changes at different 

SDSs. 
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In vivo measurements protocol to evaluate the correlation of Hemodynamic Responses 

Measured by DCS and BOLD-MRI: In order to evaluate the cross correlation between the 

hemodynamic response measured by cw-DCS and td-DCS with BOLD-MRI, the respiratory 

challenges of BH and HV were performed by volunteers. BH protocol involved two cycles, 

each consisting of 90 seconds of normal breathing followed by 30 seconds of breath-holding 

(figure 2.16 a), during which participants were instructed to not take a deep breath beforehand. 

The HV task included two repetitions of 80 seconds of self-paced breathing followed by 40 

seconds of hyperventilation (figure 2.16 b). During self-paced breathing, participants breathed 

normally, while during HV, they were instructed to breathe more deeply. 

      During data acquisition, participants viewed visual cues, projected from the control room 

onto a screen positioned at the end of the scanner bore. These visuals were made visible via a 

mirror mounted on the RF coil above the subject’s eyes. The experimental protocol and visual 

guidance were managed using Presentation® software (Version 23.0, Neurobehavioral 

Systems, Inc., Berkeley, CA).  

a  

b  

 

Figure 2.16 measurements protocols performed by volunteers a) BH and b) HV to evaluate the correlation of the 

hemodynamics responses measured by cw-DCS and td-DCS with BOLD-MRI.  

      To evaluate the correlation between cw-DCS and td-DCS with BOLD-MRI technique, 

sixteen healthy adult participants (8 males and 8 females, average age of 37 years) with no 

known vascular conditions, were enrolled in the study. All measurements were conducted while 

subjects were lying in a supine position inside the MRI scanner (figure 2.17). To minimize the 

motion artefacts, subjects were instructed to not move throughout the procedure of respiratory 
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challenges, and their heads were securely stabilized within the RF coil using pillows. 

Simultaneous with applying the DCS modalities and BOLD-MRI technique, the peripheral 

oxygen saturation (SpO2) level and the heart rate (HR) were monitored using a pulse oximeter 

(Nonin 7500FO, USA). The sensor clamp of pulse oximeter which includes both light emission 

diode and detector, was gently attached to the tip of the left-hand index finger of volunteers. 

 
 

 

Figure 2.17 A volunteer in supine position on the MRI bed. Both cw-DCS and td-DCS parts were housed in one 

instrument rack and placed out of the scanner room. 
 

In vivo measurements protocol for cross evaluation of the IVIM-MRI and DCS in measuring 

tissue blood perfusion/flow: To cross-evaluate the IVIM-derived perfusion/flow parameters 

with BFI measured by cw-DCS, the venous occlusion (60 mmHg) and arterial occlusion 

(180 mm Hg) were performed on the volunteers’ muscle, to have a period of ischemia response 

[41, 127]. This paradigm included 5-minute baseline (required time for IVIM-MRI pre-

scanning), a 3 min of venous occlusion, followed by 2 min of baseline, and 3 min of arterial 

occlusion (figure 2.18). These occlusion times were set based on the required time to capture 

the full IVIM imaging sequence.  
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Figure 2.18 The schematics of protocol for leg and forearm occlusion used for cross-evaluation of the IVIM-

derived parameters with BFI measured by cw-DCS.  

       Five healthy adult volunteers (three males, two females) with an average age of 35 ± 𝑆𝐷 

years participated in the muscle occlusion tests to evaluate IVIM-MRI and cw-DCS techniques 

in monitoring the tissue blood perfusion/flow. The occlusion tests were performed on the 

volunteers’ leg and forearm while they were investigated in prone position in the tunnel of the 

MRI scanner. To reduce the motion artifacts, volunteers were instructed to not move during 

data acquisition. Moreover, the subject’s muscles were tightly fixed to Knee coil using a pillow. 

 

Optical Probe Placement on the Volunteer’s Forearm, Head and Leg: The probes to hold 

the optical fibers were made from flexible silicone material and secured to the subject’s head 

and muscles using an elastic bandage.  

      For cuff occlusion test to evaluate td-DCS performance in measuring BFI at shorter (1.5 

cm) and larger (2 and 2.5 cm) SDSs, the optical probe was fixed on the volunteers’ forearm 

(Figure 2.19 a). To evaluate td-DCS at shorter and larger SDSs in monitoring CBF changes, the 

optical probe was located at the left side of the frontal lobe of the healthy volunteers [79, 119], 

approximately 1 cm above the eyebrow (Figure 2.19 b). The midline region was intentionally 

avoided due to the presence of major vascular structures, such as the sagittal sinus, which have 

high optical absorption and could cause excessive signal attenuation [128].  

      To cross-evaluate cw-DCS and td-DCS techniques with BOLD-MRI technique in 

monitoring the cerebral hemodynamic responses, the optical probes should be placed in the 

same tissue regions [119, 129]. Given that BH and HV tasks are expected to induce comparable 

hemodynamic responses across left and right hemispheres in healthy individuals. Therfore, 

optical fiber probes were symmetrically positioned 1 cm above the eyebrows on the left and 

right sides of the forehead (Figure 2.19 c). The MRI head coil had openings that allowed probe 

placement on the volunteers forehead. A fiducial marker (Vitamin E capsule) was placed over 

each optical probe of cw-DCS and td-DCS, between the source and detection fibres’ tip, to 



39 
 

enable precise localization of the probe positions and optical fiber the on anatomical MRI scans 

(Figure 2.19 d).   

      For simultanous monitoring of blood perfusion/flow changes using IVIM-MRI and cw-

DCS techniques, the probe was positioned over the gastrocnemius muscle of the leg (figure 

2.19 e) and the extensor muscle of the forearm (figure 2.19 f). Since the MRI knee coil did not 

have openings to couple the optical fibres to the subject’s muscles, the probe was placed just at 

the edge of the coil.  

(a)   (b)  

(c)    (d)    

(e) (f)  

Figure 2.19 The position of td-DCS optical probes a) on the flexor compartment of volunteer's forearm and b) 

forehead. c) Position of optical probes on the volunteer's forehead while simultaneous measurements of cw-DCS 

and td-DCS with BOLD-MRI technique. d) The white circles in the MRI image refers to the vitamin E as a marker 

to determine the place of optical fibres. The vitamin E were located between the source and detection fibres on 

each optical probe of cw-DCS and td-DCS. Position of optical probes on the e) gastrocnemius compartment of the 

leg and f) extensor compartment of forearm while simultaneous measurements of cw-DCS and IVIM-MRI. 
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 Data analysis approaches 
 

2.5.1 Derivation of optical properties  
 

The method used in this study for the retrieval of the optical properties of the phantoms and 

tissue was based on the moments, i.e. mean time of flight, and variance of the DTOF [70]. In 

the moment approach, the zeroth order of statistical moment refers to the total number of 

detected photons. The first and second order of statistical moments correspond to the mean time 

of flight of photons 𝑚1 (< 𝑡𝑠 >) and variance (𝑉 =< 𝑡𝑠
2 > −< 𝑡𝑠 >2) of the DTOF. The 

advantage of this approach lies in its ability to correct the influence of the IRF.  To deconvolve 

the influence of the IRF, the moments of the IRF were subtracted from the moments of the 

measured DTOF. The subtraction of moments was applied for both mean time of flight and 

variance [70, 130].  

       The statistical moments of the DTOFs obtained from each data acquisition of phantom and 

in-vivo measurements, were utilized to estimate the absorption coefficient (μₐ) (equation 2.12) 

and reduced scattering coefficient (μ′s) (equation 2.13) , detailed in [70]. The DTOFs range for 

calculating the optical properties was defined from 5% of the DTOF peak on the rising edge to 

1% on the falling edge [131].  

𝜇a =
𝑚1

3

2𝑐𝑉(𝑚1
2 + 𝑉)

               (2.12) 

 

𝜇s
′ =

2𝑚1𝑐(𝑚1
2 + 𝑉)

3𝜌2𝑉
              (2.13) 

 

      Where 𝜌 is the distance between the source and detector (figure 2.1) and 𝑐 is the speed of 

light in the medium. 

      Although tissue optical properties can vary slightly during respiratory challenges and 

occlusion tests, previous studies have shown that low-magnitude changes have minimal impact 

on the recovered 𝛼𝐷b [84], and consequently on the BFI. Therefore, constant 𝜇ₐ and 𝜇ₛ′ were 

assumed throughout the entire in-vivo experiment, including both baseline and challenge 

periods to calculate the BFI. 
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2.5.2 DCS techniques 
 

In this section, the data analysis procedures applied to cw-DCS and td-DCS measurements has 

been described. These analyses were performed to calculate the 𝛼𝐷b in the homogenous, two-

layered and tissue-mimicking phantom, as well as the BFI changes of muscle tissue and cerebral 

layer. 

DCS data pre-possessing: Figure 2.20 illustrates the pre-data processing approach used to 

analyze the td-DCS acquired data. The TCSPC records two photon detection events: 1) The 

time of flight of photons (𝑡𝑠) which refers to the time between the pulse of laser light and the 

photon detection event (micro time). The rigger signals denote to the time when the pulse of 

laser light is emitted (figure 2.20 a). Then DTOF can be calculated from the histogram of the 

number of photons across the time-of-flight (figure 2.20 b). 2) The precise absolute arrival time 

(t) of photons since the start of the measurement (macro time). The time range between 𝑡1 and 

𝑡2 (blue rectangular area in figure 2.20 c) determines the integration time (detailed in 2.2.2 DCS 

techniques, integration time). The photons detected within the specific time of flight between 

𝑡𝑠1 and 𝑡𝑠2 (green rectangular area in figure 3.20 b), specific absolute arrival time range between 

𝑡1 and 𝑡2  (blue rectangular area in figure 2.20 c) are used to calculate the autocorrelation 

function (figure 2.20 d).  
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a    

b  

c  

d   

Figure 2.20 Sketch of the td-DCS data pre-processing approach. a) The temporal positions of the detected photons 

(orange asterisks) shown together with the trigger pulses generated by the laser driver, the rectangular green area 

shows the position of the gate, limited by specific times of flight photons between 𝑡𝑠1 and 𝑡𝑠2. b) The DTOF is 

obtained by building a histogram of photon counts as a function of 𝑡𝑠, same as in (a) the rectangular green area 

shows the position of the gate limited by specific times of flight photons between 𝑡𝑠1 and 𝑡𝑠2. c) The number of 

photons counted during the measurement. The rectangular blue area shows a 3 s integration time (between absolute 

arrival times of 𝑡1 and 𝑡2). d) The intensity autocorrelation function is obtained from the photons detected within 

the specific time of flight (between 𝑡𝑠1 and 𝑡𝑠2), and specific absolute arrival time (t1 and t2), where 𝜏 is the lag 

time.  
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cw-DCS fitting scenarios: For data analyses related to cw-DCS, two fitting scenarios were 

applied to estimate the 𝛼𝐷b and BFI: (1) fitting the electric field autocorrelation function 

derived from theory 𝑔1(𝜏) to the whole autocorrelation function (0 < 𝑔1(𝜏) < 1) of the 

measured data (figure 2.21 a), and (2) fitting the theoretical 𝑔1(𝜏) only to the early portion of 

the measured 𝑔1(𝜏), in order to improve the sensitivity of the measurement of 𝛼𝐷𝑏 to flow 

changes appearing in deeper layer of the medium (figure 2.21 b). Restricting the fit to the early 

lag times is known to give more weight to photons with longer paths and higher 𝛼𝐷b [32]. 

Therefore, it may increase the contribution from the photons penetrating in the deeper layers of 

the tissue to the detected signal. To do that, first, the threshold decay was computed for 𝑔1(𝜏) >

0.7 of the measured data. Then the 𝑔1(𝜏) curve from theory was fitted to the 𝑔1(𝜏) > 0.7 of the 

measured data in the range of threshold decay [32].  

      The flow index of the tissue mimicking phantom (𝐹𝐼DCS) and the BFI of the muscle tissues 

(𝐵𝐹𝐼DCS) in cw-DCS and IVIM-MRI cross evaluation experiments, were calculated from fitting 

the electric field autocorrelation function 𝑔1(𝜏) derived from theory, to the whole 

autocorrelation function (0 < 𝑔1(𝜏) < 1) of the measured data. To improve the signal to noise 

ratio of cw-DCS technique, in simultaneous cw-DCS and IVIM-MRI experiments, the 𝑔1 used 

to calculate the 𝛼𝐷b and BFI was averaged from the 𝑔1 obtained from signals measured by the 

two SPADs.  

 

 

Figure 2.21 Two fitting scenarios were used to estimate the 𝛼𝐷𝑏  and BFI. a) Fitting the theoretical 𝑔1(𝜏) the whole 

measured 𝑔1(𝜏), b) Fitting the theoretical 𝑔1(𝜏) only to the early portion of the measured  𝑔1(𝜏)  (i.e. for 𝑔1(𝜏) >

0.7). 

 

Time gating strategy in td-DCS: In data analyses related to td-DCS technique, photon selection 

based on time of flight, named time gating strategy [29] was applied. This strategy distinguishes 
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between the short and long photon paths and classifies the 𝛼𝐷b of superficial and deeper layers 

of the medium. In time gating strategy, gate start time is critical parameter that directly influence 

the recovered 𝛼𝐷b of the superficial and deeper layer. This parameter defines the start of the 

gate which photons are collected and analysed based on TOF. Setting an appropriate gate start 

time helps to exclude photons that have only travelled through superficial layers, and improving 

the focus on changes in 𝛼𝐷b appearing in the deeper layer. Temporal gate refers to the time 

range in which photons are collected and defines the range of DTOF to be analysed. Increasing 

the gate width can increase the number of photons and improve the signal to noise ratio, 

however it may lead to mixing the signals related to photons that penetrate at different depths. 

Narrow gate width increases the probability of selecting photons with specific TOF and path 

length. But it significantly reduces the number of detected photons, thereby decreasing the 

signal-to-noise ratio. So, the balance in gate width to have enough number of photons to 

improve signal to noise ratio and narrow enough to isolate photons with specific path length is 

necessary. 

      In this study a medium-specific time gating strategy was applied. In this approach two time 

gates were defined to isolate the signals of scattered photons from superficial and deeper layers. 

The early gate starts with the width of FWHM/2 before the DTOF peak on its rising edge and 

ends at the DTOF peak. The late gate starts at the DTOF peak and ends with the width of 

FWHM/2 on the falling edge [39] (figure 2.22 a). Consequently, the calculated 𝑔1 from detected 

photons in early and late gate (figure 2.22 b) are corresponding to 𝛼𝐷b changes in superficial 

and deeper layer. These gates are based on the FWHM of DTOF, and depend on the optical 

properties of the medium and SDS. In “4.1 Comparison of td-DCS performance at shorter and 

larger SDSs – Physical phantom, these gates performance in recovering the 𝛼𝐷b have been 

discussed. In this study, due to subject-specific variations in DTOF broadening, the gate widths 

derived with the approach described above, ranged from 450 to 550 ps. 

      To improve the signal to noise ratio of the td-DCS technique in measurements at shorter 

and larger SDSs, the 𝑔1 used to calculate the 𝛼𝐷b and BFI was averaged from the 𝑔1 measured 

using four SPADs. Similarly, during simultaneous measurement of td-DCS and BOLD-MRI 

techniques, the 𝑔1 used to calculate the 𝛼𝐷b and BFI was averaged from the calculated 𝑔1 of 

three SPADs. 
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Figure 2.22 a) The defined early and late gates. Early gate starts with the width of FWHM/2 before the DTOF peak 

on its rising edge and ends at the DTOF peak. The late gate starts at the DTOF peak and ends with the width of 

FWHM/2 on the falling edge. b) Considering higher 𝛼𝐷b in deeper layer comparing to superficial layer, the signals 

obtained from photons detected in early gate are expected to be more sensitive to changes in 𝛼𝐷b of scatterers 

appearing in the superficial layer and the corresponding autocorrelation function decays slower; the signals 

obtained from photons detected at late gate are expected to be more sensitive to changes in 𝛼𝐷b of scatterers 

appearing in the deeper layer and the corresponding autocorrelation function decays faster. 

Lag Time (𝝉): For both cw-DCS and td-DCS, the intensity autocorrelation function 𝑔2(𝜏) 

was calculated over a lag time tau range from 10⁻⁶ to 10⁻² seconds.  

Integration Time: In both cw-DCS and td-DCS, integration time plays a significant role in 

processing of acquired signals and consequently the estimated 𝛼𝐷b and BFI. The integration 

time refers to the time ranges of absolute arrival time  (𝑡1 and 𝑡2 in figure 2.20 a) over which 

the intensity autocorrelation function is computed. The signal to noise ratio can be improved 

by increasing the integration time which yields losing the temporal resolution required to detect 

rapid changes in blood flow [19].  

      To evaluate the td-DCS performance at shorter (1.5 cm) and larger (2 and 2.5 cm) SDSs, 

the 𝛼𝐷b of phantom and and BFIs of in-vivo measurements were calculated with 2 s 

integration time. This integration time represents a trade-off between the sufficiently long 

time to increase the signal to noise ratio and a sufficient temporal resolution to estimate the 

dynamics of blood flow changes. 

      The 𝛼𝐷b of the phantom measurements and BFI of simultaneous monitoring of 

hemodynamic response measured by cw-DCS, td-DCS and BOLD-MRI were calculated with 

a 2.5 s integration time. This temporal resolution is comparable to the temporal resolution of 

the BOLD-MRI technique. 

      In the simultaneous measurements using cw-DCS and IVIM-MRI study, the integration 

time to estimate the 𝛼𝐷b and BFI measured by cw-DCS was 1 s. Due to the very low temporal 
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resolution of the IVIM-MRI technique, which provided one dataset almost every two minutes, 

the cw-DCS flow index with a 1 s integration time was averaged for two minutes of 

measurements. 

Assessment of the DTOFs for time gating:  To get the best td-DCS performance at each SDS, 

the optimal time ranges of DTOF to recover the 𝛼𝐷b of the scatterers contained in superficial 

and deeper layers of the two-layered phantoms should be founded. To do that, metrics based on 

the measurands of β and 𝛼𝐷b were determined. The coefficient of variation of β (CVβ(t)) was 

defined as the ratio of the standard deviation and the mean value of the β, calculated at a given 

time of flight t. The other metrics based on β was the contrast to noise ratio CNRβ(t) defined as 

the ratio of the measured 𝑔2(𝑡, 𝜏) and its standard deviation at short (𝜏 → 0) and long (𝜏 → ∞) 

lag times (e.g. τ = 10-6 s and τ = 10-2 s) [89, 132]: 

 

𝐶𝑁𝑅β(𝑡, 𝑡𝑠) =  
𝑔2(𝑡,𝑡𝑠,𝜏→0)−𝑔2(𝑡,𝑡𝑠,𝜏→∞)

√𝜎𝜏→0
2 +𝜎𝜏→∞  

2
=

𝛽(𝑡,𝑡𝑠)

√𝜎𝜏→0
2 +𝜎𝜏→∞  

2
, (2.14) 

 

where 𝜎𝜏→0
2  and 𝜎𝜏→∞

2  are standard deviation of the 𝑔2(𝑡, 𝜏) at the short and long lag times (τ) 

respectively.  

      Further, the coefficient of variation of the 𝛼𝐷b (𝐶𝑉αDb
(𝑡)) at the given time of flight t was 

calculated as the ratio of the standard deviation and the mean value of the 𝛼𝐷b. The equation to 

evaluate the contrast to noise ratio of the 𝛼𝐷b (𝐶𝑁𝑅αDb
(𝑡)) [133] has also been defined as: 

 

𝐶𝑁𝑅αDb
(𝑡, 𝑡𝑠) =  

𝛼𝐷b(𝑡,𝑡𝑠)−𝛼𝐷b
slow(𝑡,𝑡𝑠)

𝜎αDb
(𝑡,𝑡𝑠)

, (2.15) 

 

where 𝛼𝐷b(𝑡, 𝑡𝑠) was measured on two-layered phantom, 𝛼𝐷b
slow(𝑡, 𝑡𝑠) is the reference value 

of the medium with slow 𝛼𝐷b(𝑡, 𝑡𝑠) (phantom mixture with 40% Glycerol) and the 𝜎αDb
(𝑡, 𝑡𝑠) 

is the standard deviation of the 𝛼𝐷b(𝑡, 𝑡𝑠) measured on two-layered phantom at a given time of 

flight t. 

  

Sensitivity metrics (S): To evaluate the performance of td-DCS at shorter (1.5 cm) and larger 

(2 and 2.5 cm) SDSs in recovering the 𝛼𝐷b(𝑡, 𝑡𝑠) of scatterers contained in superficial and 

deeper layers, sensitivity metrics were defined similar to [39, 133]. These sensitivities were 

calculated independently for early and late time gates of the DTOF. Considering two-layered 
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phantoms with different 𝛼𝐷b in superficial and deeper layer, the sensitivity of the td-DCS to 

recover the changes in displacement of scatterers contained within each layer can be defined as 

follows: 

 

𝑆 =  
(𝛼𝐷b(𝑡,𝑡𝑠) 𝛼𝐷b

slow(𝑡,𝑡𝑠)⁄ )−1

(𝛼𝐷b
fast(𝑡,𝑡𝑠) 𝛼𝐷b

slow(𝑡,𝑡𝑠)⁄ )−1
⋅ 100% =

𝛼𝐷b(𝑡,𝑡𝑠)−𝛼𝐷b
slow(𝑡,𝑡𝑠)

𝛼𝐷b
fast(𝑡,𝑡𝑠)−𝛼𝐷b

slow(𝑡,𝑡𝑠)
⋅ 100% (2.16) 

 

where 𝑡𝑠 is the time of flight, 𝛼𝐷b(𝑡, 𝑡𝑠) was measured on the two-layered phantom, 

𝛼𝐷b
slow(𝑡, 𝑡𝑠) and 𝛼𝐷b

fast(𝑡, 𝑡𝑠) are the reference values for the mixtures in which the scatterers 

move slow (40% Glycerol) and fast (no Glycerol). Therefore, equation 2.16 applied on the data 

measured on two-layered phantom with higher 𝛼𝐷b of scatterers contained in the deep layer 

was marked as 𝑆DL (sensitivity to changes appearing in deeper layer) and for the higher 𝛼𝐷b of 

scatterers within the superficial layer was expressed as 𝑆SL (sensitivity to changes appear in in 

the superficial layer). 

 

Normalized 𝜶𝑫𝒃: To compare the cw-DCS and td-DCS technique ability to assess the 𝛼𝐷b of 

scatterers contained in superficial and deeper layer of the two-layered phantom, the normalized 

𝛼𝐷𝑏 (𝑛𝛼𝐷b) was calculated from the data measured on two-layered phantom.  

 

𝑛𝛼𝐷𝑏 =
𝛼𝐷b − 𝛼𝐷b

slow

𝛼𝐷b
fast − 𝛼𝐷b

slow
⋅ 100%        (2.17) 

 

      Equation 2.17 is same as equation 2.16, however is suitable to present the analysis of both 

cw-DCS and td-DCS. 

 

The beam expander effect: A beam expander was used to increase the illumination area to 

13 mm in diameter. Therefore, variation of the actual SDSs ranges are 1.5 ± 0.65 cm, 2.0 ±

0.65 cm and 2.5 ± 0.65 cm for three considered SDSs. Using a beam expander in td-DCS may 

affect measurement of 𝛼𝐷b. Parameters including limited laser coherence length, IRF width, 

gate start time and gate width has influence on  𝛼𝐷b(𝑡, 𝑡𝑠). Thus, the results of measurements 

of 𝛼𝐷b are typically presented in relative scale (𝑟𝛼𝐷b) [35, 118]. In this study, to evaluate the 

impact of beam expander in td-DCS, the 𝑟𝛼𝐷b as the ratio of the 𝛼𝐷b
fast(𝑡, 𝑡𝑠) to the 

𝛼𝐷b
slow(𝑡, 𝑡𝑠) was defined and this value was calculated from the data measured on 

homogenous phantoms with and without the beam expander on the source fiber’s tip.   
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2.5.3 Blood Oxygenation Level-Dependent MRI  
 

Blood oxygenation level-dependent (BOLD) magnetic resonance imaging (MRI) is a non-

invasive imaging technique to monitor the brain hemodynamics response. The BOLD signal 

can be mathematically modeled by considering the relationship between blood volume and 

oxygenation changes. A common framework is the balloon model, which describes how 

changes in blood volume and oxygen metabolism interact to produce the BOLD signal. This 

model simplifies the complicated network of venous capillaries, venules, and veins into a single 

compartment that expands and contracts like a balloon based on blood inflow and outflow. The 

BOLD signal 𝑆BOLD (𝑇) is calculated as a function of venous volume fraction 𝑣(T) and 

deoxygenated hemoglobin content 𝑞 (T) [134, 135]: 

 

𝑆BOLD  (𝑇) = 𝑉0. (𝑘1(1 − 𝑞(𝑇)) + 𝑘2 (1 −
𝑞(𝑇)

𝑣(𝑇)
) + 𝑘3(1 − 𝑣(𝑇)))       (2.18) 

 

where 𝑆𝐵𝑂𝐿𝐷 (𝑇) is the BOLD signal at time T, 𝑉0 is the baseline venous blood volume fraction, 

q(T) is the relative concentration of deoxygenated hemoglobin, 𝑘1, 𝑘2, 𝑘3 are constants that 

depend on the magnetic field strength and the properties of the tissue (such as baseline 

deoxygenation concentration). 

     The 𝑆BOLD (𝑇) change is based on the magnetic properties of oxyhemoglobin (𝐻𝐵𝑂2) and 

deoxyhemoglobin (HB). 𝐻𝐵𝑂2 is diamagnetic, meaning it does not significantly distort the 

local magnetic field.  HB is paramagnetic, meaning it distorts the local magnetic field, leading 

to changes in the MR signal. 𝑆BOLD (𝑇) changes can be imaged with a spatial resolution on the 

order of millimeters [50, 136]. 

       In this study, the BOLD-MRI data was preprocessed using MATLAB 2022b and the 

Statistical Parametric Mapping toolbox (SPM12) [137]. Standard preprocessing steps included 

slice-timing correction, realignment, and normalization to the Montreal Neurological Institute 

(MNI) space [138].  

Cerebral Metabolic Rate of Oxygen (CMRO₂): The CMRO₂ refers to the rate of oxygen 

consumption by the brain and is considered a direct indicator of energy homeostasis and brain 

health [139]. Estimating CMRO₂ has been of great interest in the fields of neuroimaging and 

neurovascular coupling. Many studies have estimated this parameter using simultaneous 

monitoring of hemodynamics response measured by BOLD-MRI and near-infrared 
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spectroscopy techniques [140, 141]. CMRO₂ can be defined as the product of the CBF and 

BOLD signal changes. In this study the relative CMRO₂ (𝑟𝐶𝑀𝑅𝑂2) change has been derived 

from the model proposed by Davis and Hoge [142, 143]: 

𝑟𝐶𝑀𝑅𝑂2 = (
𝐶𝐵𝐹

𝐶𝐵𝐹0
)

1−𝛼 𝛽⁄

(1 −

∆𝐵𝑂𝐿𝐷
𝐵𝑂𝐿𝐷0

− 1

𝑀
)

1 𝛽⁄

 

 

(2.19) 

where 𝐶𝐵𝐹0 and 𝐶𝐵𝐹 are the values observed during baseline and during the respiratory 

challenges. ∆𝐵𝑂𝐿𝐷 is the 𝑆BOLD  change, 𝐵𝑂𝐿𝐷0 is the 𝑆BOLD observed during baseline, M is 

the BOLD calibration constant and 𝛼 ≈ 0.38 and 𝛽 ≈ 1.5  are the constant parameters [144, 

145].  To estimate the M, equation 2.19 can be rewritten as follows [143]: 

∆𝐵𝑂𝐿𝐷

𝐵𝑂𝐿𝐷0
= 𝑀 (1 − (𝑟𝐶𝑀𝑅𝑂2)𝛽 (

𝐶𝐵𝐹

𝐶𝐵𝐹0
)

𝛼−𝛽

) 
 

(2.20) 

 

      During breath hold respiratory challenge, it is assumed that 𝐶𝐵𝐹 > 𝐶𝐵𝐹0. Considering the 

𝛼 − 𝛽 gives a negative value, the (
𝐶𝐵𝐹

𝐶𝐵𝐹0
)

𝛼−𝛽

 would dominate any changes in CMRO2, thus 

reduces the entire term in parentheses in equation 2.20 to unity. Consequently, M can be 

estimated as the maximum BOLD signal change during the breath hold for each individual 

subject [146, 147]. 

Region of interest of BOLD-MRI image: Parametric Bayesian segmentation was applied to 

anatomical images to generate individual tissue masks for each subject. Three masks of scalp, 

skull, and gray matter were used to extract the BOLD signals changes. The scalp and skull were 

classified as the extracerebral layer of tissues, while the gray matter represented the 

intracerebral tissue layer. 

      In this study, from the data obtained across 14 volunteers, the average thickness of the 

extracerebral layer (from scalp surface to gray matter) estimated from MRI images, was 12 mm; 

while the average gray matter thickness was approximately 3 mm. Although there is 

cerebrospinal fluid between the skull and gray matter, it was not considered in the two-layer 

head model due to its negligible optical scattering and absorption properties, which minimally 

impacts the detected optical signal and hence the estimated BFI [47, 148]. 
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      To improve the signal-to-noise ratio, BOLD signals were extracted from tissue regions with 

segmentation probability greater than 70%. Segmentation probability refers to the probability 

(0–100%) that a given voxel belongs to a specific tissue [149].  

       

2.5.4 Intravoxel Incoherent Motion MRI 
 

IVIM-MRI is a contrast-agent-free diffusion-weighted imaging technique that enables the 

visualization and quantification of microscopic motion of water molecules within biological 

tissues. IVIM-MRI distinguishes between two types of motions: water molecules diffusion and 

microvascular perfusion related to blood flowing in the capillary network [150, 151]. 

      In DWI technique, the magnetic gradients are used for sensitizing the motion of water 

molecules which results in MR signal attenuation. If the MR signal S is measured in a liquid 

solution with only the Brownian motion of water molecules [152], the signal attenuation can be 

expressed by a single exponential equation [103]: 

𝑆

𝑆0
= 𝑒−𝑏𝐷𝐵         (2.21) 

where 𝑆 represents the attenuated MR signal, 𝑆0 is the MR signal at baseline with no diffusion 

gradients (𝑏 = 0) and 𝐷𝐵 is Brownian diffusion coefficient. b-value refers to the weighting of 

the diffusion of the MR pulse sequence and is determined by the magnitude and timing 

(duration and separation) of the diffusion gradients. The b-value is the factor that defines the 

degree of diffusion weighting in an MR sequence. It quantifies how sensitive the sequence is to 

the microscopic random motion (Brownian motion) of water molecules [103].  

      In biological tissues the water molecules diffusion in the extravascular tissue and the blood 

microcirculation within the intravascular tissue, lead to MR signal attenuation. Therefore, the 

signal attenuation can be described by a two-exponential IVIM-MRI model that incorporates 

the contributions from both blood perfusion (fast component) and water molecules diffusion 

(slow component) [103, 104].  

 

𝑆 = 𝑆0 (𝑓𝑒−𝑏𝐷fast + (1 − 𝑓)𝑒−𝑏𝐷slow)        (2.22) 

where 𝑆0 represents the MR signal at baseline. 𝑓 is the IVIM-derived perfusion fraction, which 

quantifies the fractional contribution of MR signal attenuation due to intravascular blood 

perfusion to the overall MR signal attenuation. 𝑓 distinguishes the intravascular perfusion and 

water molecules diffusion motion within the extravascular tissue [150, 153]. 𝐷fast is the IVIM-

derived Pseudo-diffusion coefficient which quantifies the perfusion-related motion of blood 
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within the microvascular network referring to blood perfusion. This parameter is called pseudo-

diffusion coefficient as it represents the motion of water molecules caused by microcirculation 

of blood (perfusion) in the capillaries, rather than water Brownian diffusion motion. 𝐷fast, in 

muscle tissue is approximately on the order of ≈ 10−2 mm2/s . 𝐷slow is the IVIM-derived 

diffusion coefficient, which reflects the Brownian-related motion of water molecules in 

extravascular tissue with the order of magnitude ≈ 10−3 mm2/s  [103, 150]. Due to the origin 

of the latest two parameters, the 𝐷fast is generally at least an order of magnitude greater than 

𝐷slow [104, 150]. Considering the classical tissue perfusion parameters, the 𝑓 is proportional to 

blood volume contained in the tissue. 𝐷fast is proportional to the blood velocity in tissue. 𝑓 ∙

𝐷fast is proportional to blood flow in the tissue [104, 154]. In this study 𝑓 ∙ 𝐷fast reflects the 

IVIM-derived flow (𝐹IVIM) in the tube of the tissue mimicking phantom and IVIM-derived 

blood flow (𝐵𝐹IVIM) of the volunteer’s muscle during occlusion test. 

      The IVIM-derived parameters were calculated using software developed by Kamil Lipinski 

[102, 155], implemented in MATLAB 2022b (MathWorks, Natick, MA, USA). The diffusion 

data underwent a preprocessing procedure involving the following four steps: denoising, 

removal of Gibbs ringing artifacts, eddy current correction, and DWI bias field correction. 

Denoising was performed using the Marchenko–Pastur Principal Component Analysis [156, 

157]. The Gibbs ringing artifacts were mitigated through the method of local subvoxel-shifts 

[158] and were performed using MRTrix version 3.0.4 [159]. The eddy current correction was 

corrected using FSL software version 6.0.6.4 [160]. The B1 Inhomogeneity correction was 

applied using the N4 algorithm [161] implemented in the ANTs software version 2.3.1 [162]. 

       To enhance the robustness and stability of the estimations, a segmented fitting approach 

was employed [102]. In first step, to estimate 𝐷slow, the attenuated MR signal at the high b-

value in the range of 𝑏 >  250 s/mm² was fitted using single-exponential model (Equation 

2.21). Because in 𝑏 >  250 s/mm² range, the contribution of perfusion-related motion in 

microcapillary network is negligible and the decay of signal is dominated by Brownian motion 

of water molecules in tissue. In the second step, the attenuated MR signal at 𝑏 = 0 was 

subtracted from the attenuated MR signal attenuation at 𝑏 >  250 s/mm². Then, this 

subtraction was divided to the attenuated MR signal at 𝑏 = 0 to estimate the f. In the third step, 

considering the values of 𝐷slow and f calculated in last two steps, the pseudo-diffusion 

coefficient 𝐷fast was obtained. To do that the attenuated MR signal acquired at b-values in the 

range of 0 < 𝑏 <  1500 s/mm², was fitted using the two-exponential IVIM model (Equation 

2.22). This is because, the signal obtained in this range of low b-value (0 < 𝑏 <  1500 s/mm²) 
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is sensitive to diffusion-related motion of water molecules in extravascular structure of tissue 

(𝑏 >  250 s/mm²) and perfusion-related motion in microcapillary network (𝑏 <  250 s/mm²)  

[163, 164].  
 

Region of interest of DWI image: For the phantom experiment, the IVIM-derived parameters 

were calculated from the regions restricted to voxels in which the tubes were positioned. To 

exclude voxels that partially covered tubing from the primary analysis, after performing IVIM 

parameters reconstruction, the region of interest (ROI) was subjected to the voxels with 𝑓 >

0.1. 

      For the leg and forearm muscle occlusion tests, data from a rectangular cuboid region of 

interest with 6 × 4 × 2 cm (length×width×depth) was analyzed. The cuboid was positioned 

with the largest dimension along the muscle. This ROI was chosen to target the specific muscles 

(gastrocnemius muscle in the leg and the extensor muscle in the forearm), while considering 

the expected photon path distribution in tissue for SDS of 2 cm and sufficiently large ROI to 

improve the IVIM signal to noise ratio. To ensure reliable IVIM-derived parameter estimation, 

a signal intensity threshold in the MR data processing was applied to restrict the analysis to 

voxels within the range of 𝑆 ≤ 0.95 𝑆max, where 𝑆 is the MR signal attenuation calculated using 

Equation 2.22. This was done to focus the analysis on microvascular perfusion rather than large-

vessel arterial and venous flow. This limit ensures that the resulting maps represent 

microvascular perfusion (capillary network perfusion) rather than components related changes 

of blood flow in large-vessels [165]. 

      Each of the IVIM-derived parameters measured on tissue mimicking phantom and muscle 

occlusion test was calculated from the entire ROI. This calculation aligns well with the 

estimated 𝛼𝐷b and BFI. Because of multiple sequential photon scattering events on the path 

between source and detector the spatial resolution of the DCS technique is low. Similarly, the 

measured signal is influenced by 𝛼𝐷b changes of scatterers occurring on the path of photons 

between the source and detection points [166].  

 

2.5.5 Cross-analysis of the signals obtained by DCS, BOLD-MRI 

and IVIM-MRI 
 

 

Statistical analysis: The Wilcoxon signed-rank test was performed using two-sided p-values. 

This test was used to evaluate the statistically significant changes in amplitude of 𝛼𝐷b, BFI, 

BOLD, and IVIM signals. The Wilcoxon signed rank test is a nonparametric test for 
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independent paired data [167]. This test is appropriate for data analyses within-sample or 

within-subject changes. The homogenous and two-layered phantom measurements were 

performed using the mixtures prepared with the same ingredients; however, prepared in such a 

way that different 𝛼𝐷b were obtained. The tissue mimicking phantom carried out with the same 

phantom, while the 𝛼𝐷b in the tubes changed using syringe pump. The in vivo tests were 

performed by volunteers, while the BFI changed using occlusion test or respiratory challenges. 

These conditions fulfil the requirement for intrinsically paired data to use Wilcoxon signed rank 

test. A p-value lower than 0.05 (p < 0.05) was considered statistically significant.  

 

Comparison of temporal hemodynamic responses measured by DCS and BOLD-MRI by 

analysis of hysteresis loop: To assess the temporal hemodynamic response captured 

independently by DCS and BOLD-MRI, the BFI signal changes and BOLD signal changes 

derived for both intracerebral and extracerebral layers of tissues were normalized to unity. 

Subsequently, a hysteresis loop was plotted, illustrating the relationship between the normalized 

BFI and BOLD signal over time. The loop not only reflects how the two signals evolve together 

but also reveals their temporal alignment of the signals [168]. 

Histograms of the hemodynamic response delays measured by DCS and BOLD-MRI: In 

order to find the delay between the BFIs and BOLD signals, in response to the performed BH 

and HV respiratory challenges, the signals were smoothed using a moving average filter with a 

window size of 5 samples (smoothdata (data,"movmedian",5) in MATLAB) to reduce the noise. 

Then the signals were synchronized at the positions of the maximum and minimum of the signal 

amplitude. The delays of responses observed in the BFIs and BOLD signals were determined 

as the time shift of signals before the synchronization.  

Correlation of Hemodynamic Responses measured by DCS and BOLD-MRI: To assess the 

relationship between BFI and BOLD signal changes, a linear regression analysis was performed 

to compute the Pearson correlation coefficient (r) between the synchronized signals. The 

Pearson correlation coefficient was chosen since it was expected that there is a linear 

relationship between the BFI and BOLD signals changes [43]. Moreover, calculating the 

correlation from the synchronized signals enhances the comparison accuracy and leads to a 

stronger observed correlation between BFI and BOLD dynamics. This strategy has also been 

applied in other studies [169-171].  

Correlation between the IVIM-derived parameters and flow index measured by cw-DCS: To 

evaluate the correlation between the IVIM-derived parameters and DCS-derived flow index 
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measured on tissue mimicking phantom, Pearson’s correlation (𝑟) approach was considered. 

The Pearson correlation coefficient was chosen since a direct linear relationship was expected 

between the IVIM-derived parameter and BFI [53]. The 𝑟 varies from -1 to 1 and measures the 

extent to which a linear model explains variability in the data.  
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3 Results 
 

 

 Comparison of td-DCS performance at 

shorter and larger SDSs  
 

In this part, the td-DCS performance at shorter (1.5 cm) and larger (2 and 2.5 cm) SDSs for 

recovering the 𝛼𝐷b and BFI were presented. Using quality metrics such as coefficient of 

variation and contrast-to-noise ratios, the optimal time gate(s) of the DTOF to extract the 𝛼𝐷b 

of scatterers were identified. The sensitivity metrics of the td-DCS at shorter (1.5 cm) and larger 

(2 and 2.5 cm) SDSs were evaluated on two-layer phantoms with different 𝛼𝐷b and superficial 

layers thicknesses. These sensitivity metrics helps to evaluate the sensitivity of each SDSs in 

related early and late time gates to recover the 𝛼𝐷b of superficial and deeper layer of two-

layered phantom. Finally, in vivo experiments were carried out on the forearm and forehead of 

healthy volunteers to compare each SDS’s ability to recover the BFI changes of muscles in 

response to the occlusion test and cerebral layer during respiratory challenges. 

 

Physical phantom: In order to find the optimal DTOF range to estimate the 𝛼𝐷b and BFI, a 

series of measurements were performed on homogenous and two-layered phantoms (detailed 

in 2.4.1 Physical phantom – homogeneous and two-layered phantoms). The 𝛽 and 𝛼𝐷b 

parameters have been calculated for the time ranges around DTOF peak, measured on 

homogeneous phantoms at shorter (1.5 cm) and larger (2 and 2.5 cm) SDSs. Here 5% of IRF 

was considered as zero time to compare the time shift of the measured DTOFs by increasing 

the SDSs.  

      As shown in Figure 3.1, increasing the SDS shifts the DTOFs to a longer time of flight and 

broadens the DTOF profile. Therefore, based on the proposed time-gating strategy in this study 

(Detailed in 2.5.2 DCS techniques - Time gating strategy in td-DCS), shift and broadening of 

the DTOF by increasing the SDS, affects the position of the early and late gates. According to 

Figure 3.2, the standard deviation of the calculated 𝛽 and 𝛼𝐷b of longer time of flight at larger 

SDSs of 2 and 2.5 cm is lower compared to shorter SDS of 1.5 cm.  Moreover td-DCS at larger 

SDSs allows to use high laser power without FIFO overflow (detailed in 2.3.1 Optical data 

acquisition - Experimental setup of the td-DCS at different source detector separation).  
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Figure 3.1 The IRF as well as the DTOFs measured on homogenous phantoms with a) 40% Glycerol concentration 

and b) no Glycerol. Time zero refers to 5% of the IRF on rising edge. The figure was adapted from N. Mogharari 

et al. [39].  
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Figure 3.2 a) Estimated 𝛽(𝑡, 𝑡𝑠) and c) 𝛼𝐷𝑏(𝑡, 𝑡𝑠) as a function of time of flight for homogeneous phantoms 

containing 40% glycerol, b) Estimated 𝛽(𝑡, 𝑡𝑠) and d) 𝛼𝐷𝑏(𝑡, 𝑡𝑠) as a function of time of flight for homogeneous 

phantoms containing 0% glycerol, measured at source-detector separations of 1.5, 2.0, and 2.5 cm. Error bars 

represent the standard deviation. Time zero was defined as the time point corresponding to 5% of the IRF 

maximum on the rising edge of the DTOF. 
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      To define the optimal DTOF range to recover the 𝛼𝐷𝑏(𝑡, 𝑡𝑠) and BFI, the measurand β(𝑡, 𝑡𝑠) 

and related metrics including coefficient of variation (𝐶𝑉β((𝑡, 𝑡𝑠))) and contrast to noise ratio 

(𝐶𝑁𝑅β((𝑡, 𝑡𝑠))) (figure 3.3, 3.4, and 3.5) were calculated (based on analyses detailed in 2.5.2 

DCS techniques - Assessment of the DTOFs for time gating). These parameters have been 

calculated for the time range of 2.2 ns around DTOFs peak, measured on homogenous and two-

layered phantoms (detail explained in 2.4.1 physical phantom-homogenous and two-layered 

phantom). The ~2 ns time range around DTOF peak was proposed based on figures 3.2 as it 

has the lowest standard deviation in the estimation of the β(𝑡, 𝑡𝑠) and 𝛼𝐷b(𝑡, 𝑡𝑠). The β(𝑡, 𝑡𝑠) and 

related metrics have been calculated for every 100 ps of DTOF and indicates different trends 

over various times of flight. The highlighted red and blue area refers to early and late gates 

calculated by the proposed gating strategy (calculation based on data analyses detailed in 

section 2.5.2 DCS techniques-Time gating strategy in td-DCS). In this gating approach, zero 

time refers to DTOF peak.  

      As shown in figure 3.3, the β(𝑡, 𝑡𝑠) decreases at longer time of flight. The high CVβ((𝑡, 𝑡𝑠)) 

in early and late time ranges follows the high standard deviation in β(𝑡, 𝑡𝑠). The CNRβ(𝑡, 𝑡𝑠) 

depends on the ratio of β(𝑡, 𝑡𝑠) and noise of the measured 𝑔2(𝑡, 𝜏) and follows other metrics’ 

trends. According to these results, the time ranges with the highest β(𝑡, 𝑡𝑠) and CNRβ (𝑡, 𝑡𝑠) and 

the lowest CVβ (𝑡, 𝑡𝑠) are the optimal DTOF range to extract 𝛼𝐷b(𝑡, 𝑡𝑠) and BFI which refers to 

DTOF peak. So, the red and blue highlighted area referring to early and late gates calculated by 

the proposed gating strategy (calculation based on data analyses detailed in section 2.5.2 DCS 

techniques-Time gating strategy in td-DCS) matches well with the optimal time ranges based 

on these measurand and metrics.  

      Comparing the results from different SDSs indicate an increase in SDS leads to decrease in 

β(𝑡, 𝑡𝑠), consequently increases the CVβ(𝑡, 𝑡𝑠) and decreases the CNRβ(𝑡, 𝑡𝑠). 
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Figure 3.3, β(𝑡, 𝑡𝑠) at different time of flight of photons (𝑡𝑠) and SDSs of a) 1.5cm, b) 2cm and c) 2.5cm. Time 

0 is set at the maximum value of the DTOF. Each data points have been calculated within windows of 100 ps from 

120 𝑔2(𝑡, 𝜏) collected with 2 s integration time. The rectangular red and blue areas refer to the early and late gates, 

respectively. DL – deep layer, SL – superficial layer. The figure was adapted from N. Mogharari et al. [39].  
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Figure 3.4 The calculated coefficient of variation CVβ(𝑡, 𝑡𝑠) metrics at different time of flight of photons (𝑡, 𝑡𝑠) 

and SDSs of a) 1.5 cm, b) 2cm and c) 2.5cm. Each data points have been calculated within windows of 100 ps 

from 120 g2 (t,τ) collected with 2 s integration time. The rectangular red and blue areas refer to the early and late 

gates. The time 0 refers to the DTOF peak. DL – deep layer, SL – superficial layer. The figure was adapted from 

N. Mogharari et al. [39].  
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Figure 3.5 The calculated contrast to noise ratio CNRβ(𝑡, 𝑡𝑠) metrics at different time of flight of photons (𝑡, 𝑡𝑠) 

and SDSs of a) 1.5, b) 2 and c) 2.5 cm. Each data points have been calculated within windows of 100 ps from 120 

𝑔2(𝑡, 𝜏) collected with 2 s integration time. The rectangular red and blue areas refer to the early and late gates. The 

time 0 refers to the DTOF peak. DL – deep layer, SL – superficial layer. The figure was adapted from N. Mogharari 

et al. [39].  
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      Figure 3.6, 3.7 and 3.8 show the calculated 𝛼𝐷b(𝑡, 𝑡𝑠) and related metrics including 

coefficient of variation (𝐶𝑉αDb
(𝑡, 𝑡𝑠)) and contrast to noise ratio (𝐶𝑁𝑅αDb

(𝑡, 𝑡𝑠)) (calculation 

based on data analyses detailed in 2.5.2 DCS techniques - Assessment of the DTOFs for time 

gating). The measurand of 𝛼𝐷b(𝑡, 𝑡𝑠) shown in figure 3.6 (a) has been extracted for the 

corresponding β shown in figure 3.3 (a). The retrieved 𝛼𝐷b(𝑡, 𝑡𝑠) of two-layered phantoms, 

changes in the range of the 𝛼𝐷b of the homogeneous phantoms mixtures which were used to 

fill the superficial and deep layer (phantoms feature detailed in 2.4.1 physical phantom-

homogenous and two-layered phantom). As the 𝛼𝐷b(𝑡, 𝑡𝑠) refers to the mean squared 

displacements of scatterers per time, it is expected to be constant in the homogenous medium. 

However, the limited coherence of the pulsed laser leads to slightly differences in the mean 

value of 𝑎𝐷b along the DTOF.  

      Based on these results, lower standard deviation in the 𝑎𝐷b (𝑡, 𝑡𝑠) calculated from the 

photons detected at time ranges around DTOF peak indicate lower 𝐶𝑉αDb
(𝑡, 𝑡𝑠) and significantly 

higher 𝐶𝑁𝑅αDb
(𝑡, 𝑡𝑠). The 𝐶𝑁𝑅αDb

(𝑡, 𝑡𝑠) for the detected photons with very short and very long 

time of flights is close to zero.  

      According to the measurand of 𝛼𝐷b(𝑡, 𝑡𝑠) and related metrics, the optimal range of DTOF 

with lowest standard deviation and best recovered metrics is around DTOF peak. The estimated 

early and late time gates with the proposed gating approach (calculation based on data analyses 

detailed in section 2.5.2 DCS techniques-Time gating strategy in td-DCS) follows well the 

optimal DTOF ranges based on the measurands of 𝛼𝐷b(𝑡, 𝑡𝑠) and related metrics.  

      As mentioned before, increasing the SDS leads to shift the DTOF peak to later time of flight 

and increases the possibility of detecting photons with longer pathlength which come from 

deeper layer. So, although lower β(𝑡, 𝑡𝑠) at larger SDS increases the standard deviation in the 

calculated 𝛼𝐷b(𝑡, 𝑡𝑠); higher number of photons with longer TOF detected from deeper layer 

increase the 𝐶𝑁𝑅αDb
(𝑡, 𝑡𝑠). This is due to the higher differences between the recovered 

𝛼𝐷b(𝑡, 𝑡𝑠) measured on two-layered phantom and 𝛼𝐷b
slow(𝑡, 𝑡𝑠) in superficial layer, which leads 

to comparable 𝐶𝑁𝑅αDb
(𝑡, 𝑡𝑠) between shorter (1.5 cm) and larger (2 and 2.5 cm) SDSs (see 

figure 3.8). 
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Figure 3.6 The recovered αDb(𝑡, 𝑡𝑠) parameter as a function of time of flight of photons for different SDSs of a) 

1.5, b) 2 and c) 2.5 cm. Time 0 is set at the maximum of the DTOF. Each data points have been calculated within 

windows of 100 ps from 120 autocorrelation functions 𝑔2(𝑡, 𝑡𝑠, 𝜏), collected with 2 s integration time each. The 

red and blue shaded areas refer to the early and late gates, respectively. DL – deep layer, SL – superficial layer. 

The figure was adapted from N. Mogharari et al. [39].  
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Figure 3.7 The recovered coefficient of variation 𝐶𝑉𝛼𝐷𝑏

(𝑡, 𝑡𝑠)quality metric at varying time of flight of photons 

and SDS of a) 1.5, b) 2 and c) 2.5 cm. Time zero is set at the maximum of the DTOF. Data point calculated within 

windows of 100 ps from 120 autocorrelation functions 𝑔2(𝑡, 𝑡𝑠, 𝜏), collected with 2 s integration time each. The 

red and blue shaded areas refer to the early and late gates, respectively. The time zero refers to the DTOF peak. 

DL – deep layer, SL – superficial layer. The figure was adapted from N. Mogharari et al. [39].  
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Figure 3.8 The recovered contrast to noise ratio 𝐶𝑁𝑅𝛼𝐷𝑏
(𝑡, 𝑡𝑠) quality metric at varying time of flight of photons 

and SDS of 1.5 (a), 2 (b) and 2.5 (c) cm. Time 0 is set at the maximum of the DTOF. Data point calculated within 

windows of 100 ps from 120 autocorrelation functions 𝑔2(𝑡, 𝑡𝑠, 𝜏) collected with 2 s integration time each. The 

rectangular red and blue areas refer to the early and late gates. The zero time refers to the DTOF peak. DL – deep 

layer, SL – superficial layer. The figure was adapted from N. Mogharari et al. [39].   
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      To evaluate the impact of beam expander on monitoring the 𝛼𝐷b(𝑡, 𝑡𝑠) of scatterers, the 

experiments were repeated without the beam expander at tip of laser’s fiber, measured on 

homogenous phantoms with 40% glycerol concentration (Db
slow(𝑡, 𝑡𝑠)) and 0% glycerol 

concentration (Db
fast(𝑡, 𝑡𝑠)). Then, these results were compared with the data measured using 

beam expander. Figure 3.9 shows the relative 𝑎𝐷b (𝑡, 𝑡𝑠) (𝑟𝑎𝐷b (𝑡, 𝑡𝑠)) as the ratio of Db
fast(𝑡, 𝑡𝑠) 

to the Db
slow(𝑡, 𝑡𝑠) (calculation based on data analyses detailed in section 2.5.2 DCS techniques 

- The beam expander effect), calculated for detected photons from the early and late time gates 

measured at different SDSs. Based on these results, there is no statistically significant difference 

(p > 0.05) between the 𝑟𝑎𝐷b (𝑡, 𝑡𝑠) calculated from the early and late gates measured with and 

without beam expander. 

 

 

 

Figure 3.9 The 𝑟𝛼𝐷𝑏 = 𝛼𝐷𝑏
fast((𝑡, 𝑡𝑠)) 𝛼𝐷𝑏

slow((𝑡, 𝑡𝑠))⁄  measured a) without the beam expander and b) with the 

beam expander at tip of detection fiber. The boxplots were calculated from the data acquired within early and late 

gates from 120 autocorrelation functions 𝑔2(𝑡, 𝑡𝑠, 𝜏) collected with 2 s integration time each. In each boxplot, the 

central line represents the median, the lower and upper edges indicate the 25th and 75th percentiles, respectively. 

Whiskers extend to the most extreme data points, not considering outliers. Outliers are indicated by plus signs. 

The figure was adapted from N. Mogharari et al. [39].   
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      As in td-DCS, early and late gates are expected to carry information of the displacements 

of scatterers in the superficial and deeper layers, the sensitivities of each SDS at defined time 

gates to recover the αDb in deep layer (𝑆DL(𝑡, 𝑡𝑠)) have been evaluated (calculation based on 

data analyses detailed in 2.5.2 DCS technique - sensitivity metrics). Figure 3.10 shows the 

𝑆DL(𝑡, 𝑡𝑠) calculated for two-layered phantom with different top layer thickness, where the 

𝛼𝐷b(𝑡, 𝑡𝑠) of scatterers in the deeper layer is more than in the superficial layer. For all phantoms 

with different superficial layer thicknesses, SDSs of 2 and 2.5 cm improve the sensitivity to 

recover the 𝛼𝐷b in deeper layer when using the late gate. However, increased SDS also affects 

the position of the early gate and consequently increases its sensitivity to displacements of 

satterers in deeper layer, which is especially observed for the phantom with a low superficial 

layer thickness (0.5 cm).  

      For phantoms with high superficial layer thicknesses of 1 and 1.5 cm, the difference 

between the 𝑆DL(𝑡, 𝑡𝑠) of the early and late gates is clearly visible (figure 3.10 a, b). As shown 

in figure 3.10 (a), which is the closest approximation to an adults’ human head model [106, 

107], the 𝑆DL(𝑡, 𝑡𝑠) of late gate to 𝛼𝐷b(𝑡, 𝑡𝑠) of scatterers in a deep layer (brain) located 1.5 cm 

from the surface can be increased by an average of 2.4 times while changing the SDS from 1.5 

cm to 2.5 cm.  

      Sensitivity of td-DCS to displacements of scatterers in superficial layer (𝑆SL(𝑡, 𝑡𝑠)) 

(calculation based on data analyses detailed in 2.5.2 DCS technique - sensitivity metrics) is 

another important parameter calculated from the two-layered phantom with higher 𝐷b(𝑡, 𝑡𝑠) in 

the superficial layer. As shown in figure 3.11 (a), in the case of very thick top layer thickness 

(1.5 cm) both early and late gates at all SDSs show high 𝑆SL(𝑡, 𝑡𝑠) and strongly affected by 

𝛼𝐷b(𝑡, 𝑡𝑠) of scatterers in superficial layer. However, 𝑆SL(𝑡, 𝑡𝑠) decreases for phantoms with 

lower top layer thickness, specially at larger SDSs (figure 3.11 b, c). 
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Figure 3.10 Sensitivity of the td-DCS to monitor the 𝛼𝐷𝑏(𝑡, 𝑡𝑠) of scatterers in deep layer (𝑆𝐷𝐿 (𝑡, 𝑡𝑠)) at SDS of 

a) 1.5, b) 2 and c) 2.5 cm for various top layer thickness. The data were calculated within early and late gates from 

120 𝑔2(𝑡, 𝑡𝑠, 𝜏) collected with 2 s integration time each. In each boxplot, the central line represents the median, 

and the lower and upper edges indicate the 25th and 75th percentiles. The whiskers extend to the most extreme 

data points, not considering outliers. Outliers are indicated by plus signs. The figure was adapted from N. 

Mogharari et al. [39].  
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Figure 3.11 Sensitivity of the td-DCS to monitor the 𝛼𝐷𝑏(𝑡, 𝑡𝑠) of scatterers in superficial layer (SSL(𝑡, 𝑡𝑠)) at SDS 

of a) 1.5, b) 2 and c) 2.5 cm for various top layer thickness. The data were calculated within early and late gates 

from 120 g2(𝑡, 𝑡𝑠, τ) collected with 2 s integration time each. In each boxplot, the central line represents the 

median, and the lower and upper edges indicate the 25th and 75th percentiles. The whiskers extend to the most 

extreme data points, not considering outliers. Outliers are indicated by plus signs. The figure was adapted from N. 

Mogharari et al. [39].  
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In vivo measurements: In order to compare td-DCS performance at shorter (1.5 cm) and larger 

(2 and 2.5 cm) SDSs in monitoring muscle and cerebral blood flow changes, series of 

measurements was performed. These measurements included forearm muscle occlusion test and 

respiratory challenges. 

      According to figure 3.12 (b), the rBFI changes calculated from the photons detected in the 

early and late gates, regardless of the SDS, are not significantly different, measured over all 

subjects. Since the pressure was applied to the entire forearm, it affects both skin and muscles, 

which leads to the BFI changes detected at both the early and late gates. On the other hand, 

according to the phantom experiments (figure 3.10 c) in the case of a thin superficial layer 

thickness (here the forearm skin), the rBFI calculated from the photons detected in early gate 

at all SDSs is strongly affected by the blood flow changes in the deep layer.  

      The difference between the hyperaemic response for the PORH peak at different SDSs is 

more visible (figure 3.12 c). As it was discussed before, an increase in SDS leads to the shift of 

the DTOF peak to a later time, and based on the proposed gating strategy, it increases the 

possibility of detecting photons with longer time of flight. The PORH peak from longer SDSs 

(2 and 2.5 cm) is stronger with statistically significance than from short SDSs (1.5 cm) which 

might be due to the stronger response originated from the deep layer, the muscle [30]. 
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Figure 3.12 a) Schematic of the hemodynamic changes in response to the arterial occlusion (180 mmHg) measured 

at SDS = 2 cm on a healthy adult volunteer. b) The rBFI change (from baseline to arterial occlusion). c) The PORH 

peak at three SDSs. The statistics (b, c) are calculated from 16 datasets. In each boxplot, the central line represents 

the median, and the lower and upper edges indicate the 25th and 75th percentiles. The whiskers extend to the most 

extreme data points, not considering outliers. Outliers are indicated by plus signs. The figure was adapted from N. 

Mogharari et al. [39].  
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      To compare the performance of td-DCS at shorter (1.5 cm) and larger (2 and 2.5 cm) SDSs 

in monitoring the CBF changes, BH and HV respiratory challenges were performed by healthy 

adult volunteers (protocols detailed in 2.4.2 In vivo experiments protocol - respiratory 

challenges). Figure 3.13 and 3.14 shows the rBFI changes in response to BH and HV 

respectively. During the respiratory challenge measurements, data collected from two subjects 

at SDS = 2.5 cm showed significant noise in the estimated BFI. Moreover, no clear changes 

were observed in BFI in response to BH and HV challenges. Therefore, these signals were 

excluded from further averaging and statistical analysis. The rBFI changes at early and late 

gates were calculating by normalizing the BFI to the baseline value. The increase in response 

to BH and decrease in response to HV can be seen in rBFI calculated at all SDSs.  

      BH and HV induce a global response in both extracerebral and intracerebral tissues [31, 172]. 

According to the phantom experiments (figure 3.11 a, b) in the case of a thick superficial layer 

thickness (comparable to scalp and skull thicknesses) and its high 𝛼𝐷𝑏, the detected signal is 

dominated by superficial layer flow. As a result, the rBFI calculated from photons in both the 

early and late gates, at all SDSs, is strongly influenced by blood-flow changes in the superficial 

layer. However, still larger SDSs are more capable to minimize the 𝛼𝐷b changes in superficial 

layer and detect the 𝛼𝐷b changes in deeper layer. Moreover, these respiratory challenges have 

most likely different strength [173, 174] in extra and intracerebral layer, leading to different 

amplitude of rBFI changes at shorter and larger SDSs.  
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Figure 3.13 rBFI changes during BH at shorter (1.5 cm) and larger (2 and 2.5 cm) SDSs. Solid line and shaded 

area refer to mean value and standard deviation of the data calculated from 12 datasets at a) SDS = 1.5 and 

b) SDS=2 cm, and c) 8 datasets at SDS = 2.5 cm (Data from two subjects at SDS=2.5 cm was collected with a 

significant noise level. This data was excluded from further averaging and statistical analysis). Shaded areas 

indicate the task period. The figure was adapted from N. Mogharari et al. [39].  

 

 

 



74 
 

 

 

 

Figure 3.14 rBFI changes during HV at shorter (1.5 cm) and longer (2 and 2.5 cm) SDSs. Solid line and shaded 

area refer to mean value and standard deviation of the data calculated from 12 datasets at a) SDS = 1.5 and b) 

SDS=2 cm, and c) 8 datasets at SDS = 2.5 cm (Data from two subjects at SDS=2.5 cm was collected with a 

significant noise level. This data was excluded from further averaging and statistical analysis). Shaded areas 

indicate the task period. The figure was adapted from N. Mogharari et al. [39].  
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      Figure 3.15 (a) and (b) show the statistical analyses of the rBFI changes induced by BH and 

HV. The rBFI changes were calculated from the mean difference between the rBFI of baseline 

and during the respiratory challenges (from 10 seconds after the start to 10 seconds after the 

completion of the task). The rBFI change induced by BH (figure 3.15 (a)) increases at larger 

SDS, while it slightly decreases in response to HV at larger SDS (Figure 3.15 (b)). No 

statistically significant difference was observed between the rBFI calculated from the photons 

detected at defined early and late gates at all SDSs. Moreover, only the difference between the 

rBFI changes during BH measured at 1.5 and 2.5 cm is statistically significant. 

 

 

 

Figure 3.15 The distribution of rBFI changes caused by a) BH and b) HV at three SDSs of 1.5, 2 and 2.5 cm. Each 

boxplot calculated from 12 datasets at SDS = 1.5 and 2 cm, and 8 datasets at SDS = 2.5 cm (Data from two subjects 

at SDS of 2.5 cm was collected with a significant noise level and excluded from further averaging and statistical 

analysis). rBFI change refers to differences between the average rBFI of the baseline and the average rBFI in 

response to each task (from 10 seconds after the start time to 10 seconds after the completion of the task). In each 

boxplot, the central line represents the median, the lower and upper edges indicate the 25th and 75th percentiles, 

respectively. The whiskers extend to the most extreme data points, not considering outliers. Outliers are indicated 

by plus signs. The figure was adapted from N. Mogharari et al. [39].  
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      In response to the Valsalva manoeuvre, it is expected that rBFI have initial increase, 

transient and continuous reduction during manoeuvre and rapid recovery or overshoot during 

the release phase. These trends of rBFI changes are more visible at SDS of 2.5 cm (figure 3.16), 

whereas SDS of 1.5 cm is predominantly influenced by superficial (skin) blood flow changes.  

 

 

Figure 3.16 rBFI changes during Valsalva manoeuvre (VM) at SDS of a) 1.5, b) 2 (b) and c) 2.5 cm. Solid line 

and shaded area refer to mean value and standard deviation of data calculated from 8 datasets at SDS = 1.5 

and 2 cm, and 6 datasets at SDS = 2.5 cm (Data from one subject at SDS 2.5 cm was collected with a significant 

noise level. This data was excluded from further averaging and statistical analysis).  
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 Correlation of Hemodynamic 

Responses Measured by DCS and 

BOLD-MRI 
 

 

In this section, using the optical DCS system, the correlation between the hemodynamic 

responses measured by DCS and BOLD-MRI in response to respiratory challenges were 

evaluated.  

      To do that, first the cw-DCS and td-DCS performance to monitor the 𝛼𝐷b of scatterers 

contained in the superficial and deeper layer of the two-layered phantom were assessed. These 

data help to understand how BFI measured by each DCS modality reacts to extracerebral and 

intracerebral blood flow changes.  

      Then, the correlation of the BFI measured by cw-DCS and td-DCS and BOLD signal 

changes measured by BOLD-MRI technique were evaluated. Finally, the BFI and BOLD 

signals changes were combined to estimate the cerebral metabolic rate of oxygen (CMRO₂).  

These results support the potential of DCS to monitor CBF with good temporal resolution as 

well as the DCS applicability as complementary tool to BOLD-MRI in assessing the 𝐶𝑀𝑅𝑂2.  

 

Phantom experiment: To evaluate and compare the performance of cw-DCS and td-DCS in 

detecting the 𝛼𝐷b changes in superficial and deeper layer, series of measurements were 

performed on two-layered phantom (detailed in 2.4.1 Physical phantom - homogenous and two 

layered phantoms). The two-layered phantom measurements as a simplified model of human 

head help to better interpret the signals measured on superficial and deeper layer of human 

head. 

Figure 3.17 presents the 𝛽 and normalized 𝛼𝐷𝑏 (𝑛𝛼𝐷b) (calculated based on data analayses 

detailed in 2.5.2 DCS technique – normalized 𝛼𝐷b) values obtained using two fitting 

approaches in cw-DCS (detailed in 2.5.2 DCS technique - cw-DCS fitting scenarios) and the 

early and late gates in td-DCS (detailed in 2.5.2 DCS technique – time gating strategy in td-

DCS), measured on homogenous and two-layered phantoms. The lower coherence length of the 

pulsed laser used in td-DCS (3.8 cm), in contrast to the much longer coherence length of the 

continuous-wave laser (>10 meters), resulted in a notably reduced β parameter (figure 3.17 a) 

and greater standard deviation in the 𝑛𝛼𝐷b values. 
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      Figure 3.17 (b) illustrates the 𝑛𝛼𝐷b values obtained during measurements on two-layered 

phantom (detailed in 2.5.1 Physical phantom - homogenous and two layered phantoms) in 

which the deeper layer has higher 𝛼𝐷b. In cw-DCS technique where the fitting approach limited 

fitting range to the 𝑔1  >  0.7, yielded significantly higher 𝑛𝛼𝐷b values compared to fitting 

across the entire 𝑔1 curve, indicating enhanced sensitivity to deep layer. For td-DCS, a 

statistically significant difference between the 𝑛𝛼𝐷b values derived from the early and late time 

gates supported the effectiveness of the proposed time-gating strategy [38]. It showed the 

signals obtained using early gates are more sensitive to changes in 𝛼𝐷b of scatterers distributed 

in superficial layers of the tissue. While the signals obtained using late gates are more sensitive 

to changes in 𝛼𝐷b of scatterers distributed in the deeper layers of tissue. However, the increased 

standard deviation observed in the estimated 𝑛𝛼𝐷b from the signal obtained in late gate, 

suggests that td-DCS does not substantially improve sensitivity to changes in 𝛼𝐷b of scatterers 

distributed in deeper layer compared to the cw-DCS technique while employing the 𝑔1  >  0.7 

fitting scenario. 

      Figure 3.17 (c) illustrates how higher 𝛼𝐷b of scatterer in the superficial layer affected the 

detected signals by each DCS modalities. In cw-DCS data, no statistically significant difference 

(P > 0.05) was observed between the 𝑛𝛼𝐷b values derived from two fitting approaches, 

suggesting limited ability in minimizing the 𝛼𝐷b of scatterers in superficial layer. In contrast, 

the 𝑛𝛼𝐷b obtained from the late gate of td-DCS was significantly lower than those from the 

early gate and both cw-DCS fitting scenarios. This finding highlights td-DCS has better 

capability in reducing the influence of higher 𝛼𝐷b of scatterer within the superficial layer. 

      Based on the median 𝑛𝛼𝐷b values, the contributions of deep-layer 𝛼𝐷b of scatterer to the 

detected signals using cw-DCS (when fitting 𝑔1  >  0.7) and td-DCS (late gate) were 

approximately 80%, 30%, and 5% for superficial layer thicknesses of 0.5 cm, 1 cm, and 1.5 cm, 

respectively. Conversely, the contribution of the 𝛼𝐷b of scatterer in superficial layer measured 

by cw-DCS (when fitting to whole 𝑔1) and td-DCS (early gate) is approximately 5–10%, 20–

30%, and 80% for the same corresponding thicknesses. These results demonstrate the sensitivity 

characteristics of both modalities under varying conditions. However, for two-layered 

phantoms with different superficial layer thickness, optical properties and 𝛼𝐷b, these 

estimations may differ. 
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Figure 3.17 a) Calculated 𝛽 for the homogenous phantom with 40% and 0% Glycerol concentrations. 𝑛𝛼𝐷𝑏  

represents the sensitivity to detect 𝛼𝐷𝑏  changes in b) deep and c) superficial layers measured by cw-DCS and td-

DCS techniques on two-layered phantom. For cw-DCS, the metrics have been calculated by fitting the whole 𝑔1 

curve as well as 𝑔1 > 0.7. For td-DCS the metrics have been calculated from detected photons in defined early 

and late gates. Each boxplot acquired within 120 𝑔2 curve with 2.5 s integration time. In each boxplot, the central 

line represents the median, the lower and upper edges indicate the 25th and 75th percentiles, respectively. The 

whiskers extend to the most extreme data points, not considering outliers. Outliers are indicated by plus signs. The 

figure was adapted from N. Mogharari et al. [175]. 
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In vivo experiments: To evaluate the correlation between the hemodynamic response measured 

by DCS modalities and BOLD-MRI, series of respiratory challenges was performed by 

volunteers. Figure 3.18 (a) and (b) display the spatial distribution of BOLD signal changes, 

across different brain regions, averaged over fourteen participants while performing BH and 

HV respiratory challenges. The group-level image averaging enhances the robustness of the 

findings and highlights the observed hemodynamic patterns. The maps illustrate both spatial 

and magnitude of BOLD signal changes caused by respiratory challenges. As shown in Figure 

3.18 (c), BOLD signal changes corresponding to the extracerebral layer were derived from 

segmented scalp and skull regions (represented in blue and green, respectively). While the 

intracerebral BOLD signal was extracted from the segmented gray matter region (shown in red). 

These BOLD signal changes were used for further cross-correlation with BFI measured by DCS 

modalities.  

 

 

Figure 3.18 Panels a and b show the averaged BOLD signal maps from fourteen subjects during BH and HV 

respiratory challenges, respectively. The color bar represents the intensity of BOLD signal changes, where green 

indicates baseline, and red and blue regions correspond to significant increases and decreases in BOLD signal, 

respectively. The color scale applies exclusively to panels (a) and (b). Panel c displays the segmented tissue masks 

used for analysis: scalp (blue), skull (green), and gray matter (red). BOLD signals from the intracerebral layer 

were extracted specifically from the gray matter regions. The image slices were reconstructed with a thickness of 

2.5 mm and were spaced at 12.5 mm intervals. The figure was adapted from N. Mogharari et al. [175]. 
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Figures 3.19 and 3.20 present the group-averaged BOLD signal, heart rate (HR), oxygen 

saturation (SpO₂), and BFI changes recorded during the BH and HV respiratory challenges from 

region of interest presented in figure 3.18. Additional analysis using smaller regions of interest 

located directly beneath the DCS probes (figure 2.20 d) yielded similar results, with only minor 

fluctuations in the extracted BOLD signal that can be considered negligible, consistent with 

other report [176]. 

      Sixteen healthy volunteers participated in the full protocol; however, data from two 

participants were excluded. One subject failed to perform the respiratory challenges correctly, 

resulting in the absence of clear physiological responses across BOLD, HR, SpO₂, and BFI 

signals. In another case, although BOLD, HR, and SpO₂ responses were evident, BFI changes 

were not observed, potentially due to poor contact between the optical probe and the scalp. 

      Each BH and HV trials comprised two repeated sessions. For each participant, the trial 

showing the most pronounced BFI changes measured by DCS modalities was selected for data 

analysis. This selection was based on the observation of plotted BFI changes in response to 

respiratory challenges. The BOLD, HR, SpO₂, and BFI changes were calculated relative to the 

mean values obtained during a 20-second baseline period preceding each respiratory challenge. 

      During BH, oxygen depletion causes a rise in HbR. The increase in PaCO₂ triggers 

vasodilation and elevates CBF, which in turn raises the BFI [177, 178] (Figures 3.19 c, d). 

Increased CBF leads to increase the blood oxygenation level, leading to an enhanced BOLD 

signal (Figure 3.19 a). It is noteworthy that the magnitude of changes in BFI and BOLD signals 

can vary across individuals. Additionally, BH-induced hypoxia often leads to a decrease in heart 

rate as a protective mechanism to reduce systemic oxygen demand, while sustained oxygen 

consumption results in a gradual drop in SpO₂ levels [179, 180] (Figure 3.19 b). 

      HV induces a decrease in PaCO2, CBF [181] and as a result BFIs (Figures 3.20 c, d). 

Decreased CBF leads to decrease the blood oxygenation level and hence decreased BOLD 

signal [176] (Figure 3.20 a) . As shown in Figure 3.20 (b), there is a minimal difference in SpO2 

changes in responses to HV and only an increase in heart rate is significant [182].  

      A delay was observed between the onset of BH trial and the rise in BFI and BOLD signals. 

This delay is consistent with the time required for cerebral vessels to respond to the hypercapnic 

stimulus, characterized by a gradual increase in PaCO₂ [183]. A similar temporal delay was 

observed following the initiation of the HV trial, which results from the delayed reduction in 

PaCO₂ level, affecting cerebral vasculature and subsequent hemodynamic changes [184]. 
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Figure 3.19 The group averaged signals of a) BOLD, b) heart rate (HR) and oxygen saturation (SpO₂), BFI 

measured by c) cw-DCS and d) td-DCS during BH (breath hold). The mean values (solid lines) and corresponding 

standard deviations (shaded areas) were obtained over 28 datasets measured from fourteen individual subjects. 

The vertical lines show the beginning and the end of BH respiratory challenge. The figure was adapted from N. 

Mogharari et al. [175]. 
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Figure 3.20 The group averaged signals of a) BOLD, b) heart rate (HR) and oxygen saturation (SpO2), BFI 

measured by c) cw-DCS and d) td-DCS during HV (Hypertension). The mean values (solid lines) and 

corresponding standard deviations (shaded areas) were obtained over 28 datasets measured from fourteen 

individual subjects. The vertical lines show the beginning and the end of respiratory challenge. The figure was 

adapted from N. Mogharari et al. [175]. 
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      Figure 3.21 illustrates the amplitude changes of BFI and BOLD signals during BH and HV. 

The mean value of each signal has been calculated from 20 s after the beginning of the 

respiratory challenges’ trial, for 20s. This time range was selected to capture the plateau phase 

of the hemodynamic response. As BH and HV are systemic and not regional or localized 

respiratory challenges, they affect the hemodynamic reactions in the whole head. Consequently, 

no statistically significant differences were observed in the BOLD signal amplitude changes 

between the intracerebral and extracerebral layers [185]. 

      Based on the 𝑛𝛼𝐷b values obtained from the two-layered phantom experiments, signals 

derived from fitting the whole 𝑔1(𝜏) curve in cw-DCS (detailed data analayses in 2.5.2 DCS 

technique - cw-DCS fitting scenarios) and from the early gate in td-DCS (detailed data 

analayses in 2.5.2 DCS technique – time gating strategy in td-DCS) are expected to be more 

influenced by the extracerebral layer. In contrast, fitting 𝑔1 > 0.7 in cw-DCS (detailed data 

analayses in 2.5.2 DCS technique - cw-DCS fitting scenarios) and the late gate in td-DCS 

(detailed data analayses in 2.5.2 DCS technique – time gating strategy in td-DCS) are expected 

to showe increased sensitivity to the deeper tissue layers blood flow changes, particularly the 

intracerebral region. No statistically significant difference was found between the mean BFIs 

amplitude changes calculated from two fitting scenarios of cw-DCS as well as the mean BFI 

amplitude changes calculated from the early and late gates of td-DCS which agrees well with 

the results of BOLD signal changes. 
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Figure 3.21 a, b) Mean BOLD signal changes and c, d) mean BFI changes calculated for breath hold and 

hyperventilation respiratory challenges. Each boxplot has been obtained from 28 data point. In each boxplot, the 

central line represents the median, the lower and upper edges indicate the 25th and 75th percentiles, respectively. 

The whiskers extend to the most extreme data points, not considering outliers. The figure was adapted from N. 

Mogharari et al. [175]. 
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      To compare the temporal hemodynamic responses measured by DCS modalities and 

BOLD-MRI technique, hysteresis loops were generated by plotting the group-averaged 

normalized BFIs versus normalized BOLD signals changes (Figure 3.22). For assessing 

extracerebral responses, BFIs derived from fitting the whole 𝑔1(𝜏) curve in cw-DCS and from 

the early gate in td-DCS were plotted versus the BOLD signals extracted from the extracerebral 

layer. Similarly, intracerebral responses were evaluated by plotting BFI values obtained from 

fitting the early portion of the 𝑔1(𝜏) (𝑔1(𝜏) > 0.7) curve in cw-DCS and the late gate in td-

DCS against BOLD signals from the intracerebral layer. Then the hysteresis the loop directions 

were determined.  

      During the BH task, the loops displayed a clockwise direction, suggesting that changes in 

BFI precede the corresponding BOLD signal changes. This suggested that both intracerebral 

and extracerebral blood flow responses are initiated more rapidly than the associated 

oxygenation changes. The asymmetrical loop crossing above and below the unit line (where 

y=x) showed that BFIs and BOLD signals exhibit different phase relationships at the beginning 

and the end of the BH, suggesting that BFIs react faster to the BH and return to baseline earlier 

at the end of this respiratory challenge. 

      The counterclockwise directions of the hysteresis loop in response to HV is due to the delay 

of BFIs versus the BOLD signal. Moreover, the asymmetrical loops located under the unity line 

suggest that BOLD signal may respond faster than BFIs while returning to baseline after the 

HV respiratory challenge. 

      These phase relationships highlight distinct temporal characteristics in the vascular blood 

flow and oxygenation responses during respiratory challenges. 
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Figure 3.22 The hysteresis loops of the normalized BFIs versus BOLD signal changes during a, b) BH and c, d) 

HV tasks averaged over fourteen subjects. The arrows represent the loop's direction (clockwise and counter 

clockwise). The figure was adapted from N. Mogharari et al. [175]. 
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      Figure 3.23 presents the histograms (detailed in 2.5.5 Cross-analysis of the signals obtained 

by DCS, BOLD-MRI and IVIM-MRI) illustrating the delays between the BFI and BOLD 

signals changes of both intracerebral and extracerebral layers, analysed at the individual subject 

level. During the BH, BFIs measured using DCS modalities consistently preceded the 

corresponding BOLD signal changes, with an average time of approximately 2.7 seconds. 

Conversely, during the HV task, BOLD signals preceded the BFI responses. However, the 

average delay across subjects was minimal, around 0.2 seconds, indicating a less pronounced 

delay between the two signals in response to HV. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 



89 
 

 

 

Figure 3.23 Histograms of delays between the hemodynamic responses measured by DCSs and BOLD-MRI 

techniques calculated for individual subjects. The negative and positive delays refer to the earlier and later 

appearance of the BFI response versus BOLD signal. The black lines show the center of the histogram and the 

averaged value of the delay between BFI and BOLD signal. The figure was adapted from N. Mogharari et al. 

[175]. 
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      The temporal correlation between the BFI and BOLD signal responses was analyzed using 

Pearson correlation coefficient (detailed in 3.4.5 Cross-analysis of the signals obtained by DCS, 

BOLD-MRI and IVIM-MRI) for both intracerebral and extracerebral layers. Correlations were 

calculated from the beginning of each respiratory challenges to 20 seconds after the end of BH 

and 40 seconds after the end of HV. As illustrated in Figure 3.24, a positive correlation (𝑟 >

0.8) was observed between the temporal response of BFI and BOLD signals for both BH and 

HV, indicating consistent coupling between blood flow and oxygenation responses during these 

respiratory challenges. 
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Figure 3.24 Scatterplot to compare the hemodynamic responses measured by a, b) cw-DCS and c, d) td-DCS versus 

BOLD-MRI techniques in response to BH and HV respiratory challenges. Each regression plot has been calculated 

for the acquired data from the beginning of the challenges to 20 s and 40 s after the end of the BH and HV, 

respectively. Y and X axis show percentage changes both from 0 to 100. The figure was adapted from N. Mogharari 

et al. [175]. 
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      Figure 3.25 presents the group-averaged of rCMRO₂ signals as the product of the BFI and 

BOLD signal changes, observed in response to BH (a) and HV (b) respiratory challenges. 

CMRO₂ is important parameter in neuroimaging and neurovascular coupling [139]. The BOLD 

constant parameter 𝑀 ≈ 0.04 has been calculated using equation 2.20. The 𝑀 parameter has 

been calculated from the BOLD signal changes of intracerebral layer as well as the early portion 

of the autocorrelation curve (𝑔1 > 0.7) of cw-DCS and the late gate of td-DCS to estimate BFI 

changes (figure 3.19 and 3.20). The rCMRO₂ changes were also calculated based on these 

BOLD and BFI signal changes as they were expected to reveal higher sensitivity to intracerebral 

layer.  

      During the BH, rCMRO₂ raised by approximately 5% on average and then gradually returns 

to baseline after the respiratory challenge. In contrast, the rCMRO₂ decreased by 1% in response 

to HV. The rCMRO₂ showed similar trend of changes when calculated by BFI measured by 

each DCS modalities.  

 

Figure 3.25 The group-averaged signals of CMRO₂ obtained in response to a) BH and b) HV. The green line 

represents the CMRO₂ changes calculated from BFI measured by cw-DCS when fitting 𝑔1 > 0.7, and the blue line 

corresponds to BFI calculated from the late gate of td-DCS. The mean values (solid lines) and corresponding 

standard deviations (shaded areas) were obtained over 28 datasets measured from fourteen individual subjects. 

The vertical lines show the beginning and the end of respiratory challenges.  
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 Cross evaluation of IVIM-MRI and 

DCS in measuring tissue 

perfusion/blood flow 
 

 

In this section the correlation of IVIM-MRI derived parameters were evaluated with cw-DCS 

derived flow index during a series of tissue-mimicking phantom measurements and muscle 

occlusion tests performed on healthy adult volunteers.  

  

Phantom experiments: To cross evaluate the BFI measured by DCS and perfusion-related 

motion and flow parameters measured by IVIM-MRI, first, series of measurements was 

performed on a tissue-mimicking phantom with tubes, designed to mimic the vascular structures 

within human muscle. The controlled tissue-mimicking phantom simplified the complexities of 

muscle tissue and provided more clear insight into the parameters measured by the IVIM 

technique. 

      Figure 3.26 shows the DWI image of tissue mimicking phantom from three orthogonal 

views. The highlighted area is the ROI (detailed data analayses in 2.5.4 Intravoxel Incoherent 

Motion MRI-Region of interest of DWI image) used to calculate the IVIM-derived parameters.  
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Figure 3.26 The DWI image of tissue mimicking phantom at pump flow rate (𝐹𝑝𝑢𝑚𝑝) of 2 𝑚𝑚3/𝑠. The color bars 

represent the signal amplitudes. The tissue mimicking phantom has the dimension of 16 × 14 × 5.5 cm in length, 

width, and depth respectively. 

      Figure 3.27 shows the IVIM-derived parameters and cw-DCS derived flow index (𝐹𝐼DCS) 

measured at baseline and at six pump flow rates (𝐹pump) from 1 to 6 mm3/s. This measurement 

was repeated five times for baseline and each 𝐹pump. Thus, each boxplot includes five data 

points. The experiment has been detailed in “2.4.1 Physical phantom - Tissue Mimicking 

Phantom”. Increasing the 𝐹pump led to statistically significant increase of the measured 𝐹𝐼DCS 

and 𝐷fast. However, the difference between the measured 𝐷fast at 𝐹pump from 4 to 6 mm3/s 

was not statistically significant. The 𝐷slow was relatively unchanged (𝛥𝐷slow  <

 0.05 10−3 mm3/s ) despite an increase in the 𝐹pump. At baseline (zero flow), when there is no 

MR signal attenuation due to fast motion, the estimated 𝑓 was close to zero, while applying the 

𝐹pump increased this parameter. The increased 𝐹IVIM as the product of 𝑓 ⋅ 𝐷fast can be observed 

in all flow rates with statistically significant differences except for 𝐹pump from 4 to 6 mm3/s.    
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Figure 3.27 a) 𝐹𝐼𝐷𝐶𝑆 (DCS-derived flow index), b) 𝐷𝑓𝑎𝑠𝑡  (IVIM-derived pseudo diffusion coefficient), c) 𝐷𝑠𝑙𝑜𝑤  

(IVIM-derived diffusion coefficient), d) 𝑓 (IVIM-derived perfusion fraction), and e) 𝐹𝐼𝑉𝐼𝑀 (IVIM-derived flow) 

measured on tissue mimicking phantom at baseline and six 𝐹𝑝𝑢𝑚𝑝 (pump flow rate) from 1 to 6 𝑚𝑚3/𝑠. Each 

boxplot has been calculated from five data points. In each boxplot, the central line represents the median. The 

lower and upper edges indicate the 25th and 75th percentiles, respectively. The whiskers extend to the most 

extreme data points, not considering outliers.  

      To evaluate the correlation between the IVIM-derived perfusion and flow parameters and 

BFI measured by cw-DCS, two Pearson correlation coefficients (𝑟) were calculated for acquired 

data of the tissue mimicking phantom. Each series of measurement was repeated five times at 
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baseline and each 𝐹pump. The 𝑟Per measurement has been calculated by averaging the correlation 

of each series of measurements. The 𝑟Overall has been calculated from the data points of all 

measurements together. Figure 3.28 (a) shows positive correlations of 𝑟Overall = 0.85 and 

𝑟Per measurement = 0.88 ±  0.09 between the 𝐷fast and 𝐹𝐼DCS. The 𝑓 depends on the volume of 

the flow changes in each voxel [186, 187], and was relatively constant during the experiment 

(figure 3.27 d). Therefore, 𝐹IVIM correlates with 𝐹𝐼DCS (figure 3.28 b) similar way as 𝐷fast does. 

The corresponding correlations are 𝑟Overall = 0.8 and 𝑟Per measurement = 0.81 ±  0.09.  

 

 
 
 

Figure 3.28 Correlation of a) 𝐷fast (IVIM-derived pseudo diffusion coefficient), and b) 𝐹IVIM = 𝑓 ⋅ 𝐷fast (IVIM-

derived flow) with the 𝐹𝐼𝐷𝐶𝑆 (DCS-derived flow index) measured on tissue mimicking phantom at baseline and at 

six 𝐹pump (pump flow rate) from 1 to 6 mm3/s with the step of 1. Each color represents one series of 

measurements. Due to the small values of the measured 𝐹𝐼DCS and IVIM-derived parameters at baseline and the 

𝐹pump of 1-2 mm3/s, the corresponding data points overlap.  
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Muscle occlusions experiments: To cross evaluate the IVIM-derived pseudo-diffusion 

coefficient and flow parameter with BFI measured by cw-DCS, series of muscle occlusion tests 

were performed on the healthy adult volunteers’ leg and forearm. Figure 3.29 shows the DWI 

image of a volunteer’s leg and forearm during baseline from three sides. The highlighted area 

is the ROI (detailed data analayses in 2.5.4 Intravoxel incoherent motion MRI - Region of 

interest of DWI image) used to calculate the IVIM-derived parameters.  

a     

b    

 

Figure 3.29 The DWI image of a volunteer’s a) leg and b) forearm during the baseline. The highlighted area 

indicates the masks, used to calculate the IVIM-derived parameters. The black-white and colored bars represent 

the MR signal amplitudes of the entire tissue and the region of interest respectively. Arterial and venous vessels 

with active blood perfusion show greater signal attenuation and are displayed in dark gray. In contrast, the areas 

with restricted water molecular motion, such as bones and muscles, exhibit less MR signal attenuation and appear 

in light gray [30, 127]. Bright spots correspond to voxels occupied mostly by veins or arteries. These voxels were 

excluded from analayses. To improve image contrast, the MR signal from fat tissue (surrounding the muscles) was 

suppressed.  
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      Figure 3.30 and 3.31 show the 𝐵𝐹𝐼DCS and IVIM-derived parameters measured during 

baseline, 60 and 180 mmHg pressures. The leg and forearm occlusions were performed on five 

healthy adult volunteers. However, due to an equipment technical issue, the IVIM data acquired 

from one of the volunteer’s forearm was not saved. Therefore, a total of five leg datasets and 

four forearm datasets were used for further analyses.  

      The occlusions resulted in a reduction of the mean values of 𝐵𝐹𝐼DCS and 𝐷slow measured 

during leg and forearm occlusions compared to baseline. However, this decrease compared to 

baseline reached statistical significance only for the 𝐵𝐹𝐼DCS at 180 mmHg on leg occlusion and 

at both 60 and 180 mmHg for forearm occlusion. In contrast, the mean value of the 𝐷fast and 

related standard deviation increased significantly in response to both 60 and 180 mmHg. The 

mean 𝑓 increased in response to leg occlusions at 60 and 180 mmHg, with statistically 

significant difference only at 60 mmHg. For forearm occlusion, the mean 𝑓 increased with 

statistical significance difference at 60 mmHg and remained at baseline levels at 180 mmHg. 

Since 𝐵𝐹IVIM is defined as the product of 𝑓 and 𝐷fast, its response to occlusions reflects the 

corresponding changes in these two parameters. 
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Figure 3.30 a) 𝐵𝐹𝐼𝐷𝐶𝑆 (DCS-derived blood flow index), b) 𝐷𝑓𝑎𝑠𝑡 (IVIM-derived pseudo diffusion coefficient), c) 

𝐷𝑠𝑙𝑜𝑤  (IVIM-derived diffusion coefficient), d) 𝑓 (IVIM-derived perfusion fraction) and e) 𝐵𝐹𝐼𝑉𝐼𝑀 = 𝑓 ⋅ 𝐷𝑓𝑎𝑠𝑡  

(IVIM-derived blood flow), during baseline, venous, and arterial occlusion measured on 5 healthy adult 

volunteers’  leg. In each boxplot, the central line represents the median. The lower and upper edges indicate the 

25th and 75th percentiles, respectively. The whiskers extend to the most extreme data points, not considering 

outliers.  
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Figure 3.31 a) 𝐵𝐹𝐼𝐷𝐶𝑆 (DCS-derived blood flow index), b) 𝐷𝑓𝑎𝑠𝑡 (IVIM-derived pseudo diffusion coefficient), c) 

𝐷𝑠𝑙𝑜𝑤  (IVIM-derived diffusion coefficient), d) 𝑓 (IVIM-derived perfusion fraction) and e) 𝐵𝐹𝐼𝑉𝐼𝑀 = 𝑓 ⋅ 𝐷𝑓𝑎𝑠𝑡  

(IVIM-derived blood flow), during baseline, venous, and arterial occlusion measured on 4 healthy adult 

volunteers’ forearm. In each boxplot, the central line represents the median. The lower and upper edges indicate 

the 25th and 75th percentiles, respectively. The whiskers extend to the most extreme data points, not considering 

outliers.  

      The results presented in this part have been discussed in detail and compared to other 

papers in next chapter. 
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4 Discussions and conclusions  
 

 Discussions 
 

In the first part of this PhD thesis, the performance of td-DCS at various SDSs to recover the 

𝛼𝐷b and BFI has been evaluated. The metrics to characterize and determine the optimal DTOF 

ranges to recover 𝛼𝐷b and BFI have been described in [89, 133]. Building on this, a combination 

of metrics based on the measurands of β and 𝛼𝐷b were presented for identifying optimal DTOF 

ranges in td-DCS technique to recover the 𝛼𝐷b and BFI (see figures 3.3 – 3.8). This 

optimization was critical to ensure reliable recovery of 𝛼𝐷b and BFI across different SDSs. 

According to these results and in line with other reports [35, 118], analysing the photons within 

the time range around DTOF peak improves the estimation of the 𝛼𝐷b and BFI comparing to 

other DTOF range.  

      In previous studies, time-gating strategies used fixed the gate start time and gate width 

across all subjects, despite the variations in individual tissue optical properties [19, 188]. The 

fixed temporal position of early gate as well as the fixed temporal position of late gates for all 

subjects, does not account for the inter-subject variability of optical properties. In contrast, the 

gating strategy proposed in this study, is based on adjusting the gates positions and gate widths 

individually for each considered medium (phantom or tissue). This gating approach is based on 

the DTOF parameters (e.g. FWHM) and considers key factors such as SDS and the optical 

properties (μa and μ′s), ensuring a more adaptive and personalized data analysis strategy. 

       To successfully apply td-DCS at large SDSs, the increased laser power is necessary. To 

increase laser power while adhering the safe skin exposure [100], the illumination area was 

increased using a beam expander. To assess the impact of the beam expander, the 𝑟𝛼𝐷b was 

calculated from the data obtained on homogeneous phantoms measured with and without the 

beam expander at the laser fiber’s tip. No statistically significant difference was observed 

between the 𝑟𝛼𝐷b values obtained from the early time gates at each SDS measured with and 

without beam expander. Similarly, no statistically significant difference was observed between 

the 𝑟𝛼𝐷b values obtained from the late time gates at each SDS measured with and without beam 

expander (see figure 3.9). These findings confirm that beam expander enables measurements at 

large SDS without introducing noticeable bias in td-DCS-derived flow parameters 
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      By analysis of the sensitivity metrics, I assessed the ability of td-DCS at shorter (1.5 cm) 

and larger (2 and 2.5 cm) SDSs to estimate the changes in 𝛼𝐷b of scatterers within the 

superficial and deep layers of two-layered phantom. Results of these analyses confirm that 

increasing SDS improves the sensitivity to recover the 𝛼𝐷b of the deeper layer and reduces the 

sensitivity to changes in 𝛼𝐷b of scatterers located in superficial layer (see figure 3.10 and 3.11). 

However, in the case of thick superficial layer (1.5 cm), even at larger SDS (2.5 cm), the td-

DCS showed limited ability to detect the 𝛼𝐷b changes in deep layer as well as tp minimize the 

influence of high 𝛼𝐷b changes appearing in the superficial layer. 

      The performance of td-DCS at various SDSs to recover the rBFI has been evaluated in 

response to BH and HV respiratory challenges. The increase of rBFI in response to BH and 

decrease of rBFI in response to HV was observed at all SDSs (see figures 3.13 and 3.14). The 

same trend of rBFI during BH and HV has been reported by other authors using the cw-DCS 

technique [31, 119], interferometric DCS [189] and td-DCS [118]. Based on the result of 

respiratory challenges measured at three different SDSs, higher rBFI changes during BH was 

observed at larger SDS (2.5 cm) [190]. Moreover, the higher rBFI changes during HV can be 

observed at shorter SDS (1.5 cm) [189] (see figure 4.15). In phantom measurements it was 

noted that use of larger SDSs leads to increase of the sensitivity to flow changes appearing in 

the deeper layer. Therefore, these results might be due to the larger BFI changes in the 

intracerebral layer caused by the BH rather than HV. Similar trend was previously reported in 

[31].  

      Although td-DCS was successfully applied at large SDSs of 2.5 cm during phantom 

measurements and the forearm muscle occlusion test, there was limitation when applying it on 

the human head to detect cerebral blood flow changes. During the respiratory challenge 

measurements, data collected in two subjects (out of six subjects in total) at SDS = 2.5 cm 

showed significant noise and were therefore excluded from further averaging and analysis. So, 

the SDS of 2 cm was considered the optimal source detector separation for td-DCS to monitor 

CBF changes for further steps of my research. 

      In the next part of this research, the correlation of hemodynamic response measured by DCS 

modalities and BOLD-MRI were evaluated. To do that first the performance of cw-DCS and 

td-DCS in detecting 𝛼𝐷b changes within superficial and deeper layers of two-layered phantom 

were evaluated and compared. The two-layered phantom as simplified model of the human head 

helps to interpret the DCS signals measured from intracerebral and extracerebral layer of human 

head.  
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     The 𝑛𝛼𝐷b was calculated to evaluate each cw-DCS and td-DCS technique’s sensitivity to 

monitor the 𝛼𝐷b of scatterers in superficial and deeper layers. The larger differences in 𝑛𝛼𝐷b 

were observed between the early and late gates of td-DCS, compared to those derived from the 

two fitting strategies in cw-DCS, in which the whole and limited part of the g1 curve were fitted. 

It suggested that in comparison to cw-DCS, td-DCS offers improved depth discrimination for 

assessing 𝛼𝐷b changes of superficial and deep layers.  

      Although the signal obtained at late gate in td-DCS is theoretically more sensitive to 

changes in 𝛼𝐷b of scatterers distributed in the deeper layer, the short coherence length of the 

pulsed laser used in this study limits the system's ability to effectively discriminate photons that 

travelled long path through the medium. As a result, the expected advantage of td-DCS in 

estimating the deep-layer 𝛼𝐷b change is diminished and this technique does not significantly 

outperform the cw-DCS method when fitting is limited to early lag time of 𝑔1 (𝑔1  >  0.7). No 

significant improvements in the mean value and standard devetion of the 𝑛𝛼𝐷b obtained from 

late gate in td-DCS and the 𝑛𝛼𝐷b obtained using cw-DCS method when fitting is limited to 

early lag time of 𝑔1 (𝑔1  >  0.7), supports this observation (see figure 3.17 b). Moreover, it has 

been reported that the IRF of the td-DCS system should not be wider than 200 ps (FWHM) 

[191]. The broad IRF of the developed td-DCS system (~560 ps) increases the probability of 

mixing of signals related to the photons arriving at early and late time of flight [37, 133]. This 

mixing leads to enhanced sensitivity of the signals measured in the early gate to changes in 𝛼𝐷b 

of scatterers located in the deeper layer and enhanced sensitivity of the signals measured in late 

gate to changes of 𝛼𝐷b of scatterers located in the superficial layer. Consequently, the td-DCS 

system developed in this study doesn’t yet provide a substantial benefit over the cw-DCS 

technique because of the limited coherence length of the pulsed laser and wide IRF of the setup 

[57, 192].  

      According to results presented in this study, fitting the early portion of autocorrelation 

function (𝑔1  >  0.7) obtained from theory to the measured 𝑔1  leads to improved sensitivity of 

cw-DCS to changes in 𝛼𝐷b appearing in deep layer of the tissue. However, it increased the 

standard deviation of the estimated 𝛼𝐷b and BFI. In other studies, an improved sensitivity to 

deep-layer hemodynamics changes was reported when multi-layer models, combined with 

multi-distance cw-DCS measurements were applied [34, 93]. Although this approach is 

effective, it significantly increases the system complexity and cost. Recent advances in td-DCS 

technology have led to systems equipped with superconducting nanowire single-photon 

detectors operating at 1064 nm, offering improved sensitivity to deeper layer hemodynamics’ 
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changes and improvement in the signal-to-noise ratio [35, 118]. However, these systems are 

bulky and expensive compared to the optical system developed in this study, which provides 

portability mixed with cost-efficiency. 

      A critical factor influencing sensitivity of trDCS to intracerebral blood flow changes is the 

thickness of the extracerebral layer [193-195]. Due to the limited ability of the DCS techniques 

to distinguish the BFI changes in different layers, it is not feasible to precisely determine the 

contributions of intracerebral and extracerebral blood flow within the measured signals. In 

experiments carried out on two-layered phantoms with known optical properties and controlled 

𝛼𝐷𝑏 changes, I estimated contributions related to each layer in the measured BFI changes. The 

average scalp and skull thickness among the subjects participated in simultaneous monitoring 

of hemodynamic response measured by DCS modalities and BOLD-MRI was approximately 

1.2 cm. Considering this observation, I developed two-layered phantoms with superficial layer 

thicknesses of 1 cm and 1.5 cm which  modeled the adult human head [106, 107]. Based on the 

calculated median of 𝑛𝛼𝐷b values (see Figure 3.17), and accounting for inter-subject variability 

in the skull and scalp thickness, the contribution of intracerebral to the overall BFI was 

approximately in the range between 5–30%. Moreover, the contribution of extracerebral blood 

flow to the overall BFI was approximately in the range 20–80%.  

      In order to assess the correlation between the hemodynamic response measured by DCS 

modalities and BOLD-MRI techniques in response to CBF and oxygenation-related changes, 

series of BH and HV respiratory challenges were performed in healthy adult volunteers. The 

BH caused an increase in both BFI and BOLD signals (see figure 3.19). During HV, the BOLD 

signal exhibited an initial slight increase, followed by a more sustained decrease [196] (see 

figure 3.20). This early increase in the signal was more pronounced in the BFIs recorded by 

DCS. This observation aligns with previous literature [189, 197, 198].  

      No statistically significant differences were found between the BFI changes calculated 

using two fitting scenarios in cw-DCS or from the early and late gate in td-DCS in response to 

BH and HV (see figure 3.21). Similarly, there is no statistically significant differences between 

the BOLD signal changes obtained from regions of interest located in the intracerebral and 

extracerebral layers of the head. This observation can be explained by the fact that BH and HV 

are systemic stimuli rather than regional or localized ones. These respiratory challenges induce 

physiological changes that affect the hemodynamic responses in both intracerebral and 

extracerebral layers [173, 174]. Therefore, an in-depth validation of the DCS techniques for 

evaluation of hemodynamic responses appearing in intra- and extracerebral layers need 

stimulation paradigms with less effects on the extracerebral layer. 
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      An approximate 1–2% increase and 1.5–3% decrease in the BOLD signal in response to BH 

and HV, respectively (Figure 3.21) were observed. Correspondingly, the BFIs measured by 

DCS techniques increased by 20–50% during BH and decreased by 10–30% during HV. These 

findings align with previously reported studies evaluating the brain hemodynamics using 

BOLD-MRI and ASL-MRI in response to similar respiratory challenges. Such studies 

documented BOLD signal increase of 1–4% and the CBF increase of 30–70% following BH, 

as well as BOLD decrease of 1.5–4.7% and CBF reduction of 40-60% in response to HV [178, 

199]. The relatively higher amplitudes of BOLD and CBF reported in other studies might be 

attributed to variations in the duration and method of execution of respiratory challenges. For 

instance, instructing subjects to perform BH after expiration for extended periods tends to elicit 

more immediate and pronounced increases in CBF. Similarly, prolonged deep breathing during 

HV can affect the magnitude of changes observed in both BOLD and CBF signals [196]. 

Additionally, the amplitude of BFI changes measured by DCS in this study may be 

underestimated, a limitation that also noted by Bartlett et al. [200]. Another reason that may 

potentially contribute to discrepancies between the results reported by other authors and 

changes in BOLD and BFI measured in this study is the limited sensitivity of DCS-measured 

signals to intracerebral blood flow changes, and strong influence of the extracerebral 

hemodynamics on the detected signals. 

      To evaluate the temporal relation between the BFI and BOLD signals, hysteresis loops of 

normalized BFI versus normalized BOLD signal changes were analyzed. During BH, the 

clockwise direction of the loops (see figure 3.22 a, b) indicates that BFI changes precede the 

BOLD signal. This phenomenon is consistent with the BH-induced vasodilation, which 

increases vascular diameter and blood inflow. The increased blood flow leads to delaying the 

subsequent oxygenation changes reflected in the BOLD signal [201]. The average delay 

between BFI and BOLD signals following BH was approximately 2.7 seconds (see figure 3.23 

a-d). This delay was longer than delays reported between CBF measured by ASL-MRI and 

BOLD signals while performing similar respiratory stimuli [201, 202]. This discrepancy may 

arise because MRI-based CBF measurements are acquired directly from brain tissue voxels 

(e.g., gray and white matter), whereas DCS-derived BFIs signals are affected by extracerebral 

hemodynamics and individual anatomical variations such as scalp and skull thickness. 

Furthermore, it has been reported that BOLD signals originating from voxel full of micro 

vessels generally exhibit earlier responses compared to those dominated by macro vessels 

structures [203, 204]. Since DCS primarily estimates microvascular blood flow, the previously 

mentioned factors may contribute to the observed timing differences. 
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      The hysteresis loops during HV (see figure 3.22 c, d) showed a counterclockwise direction, 

suggesting that BOLD signal changes precede those in BFI. The delay between these signals 

was approximately 0.2 seconds; substantially shorter than the delay observed during BH (see 

figure 3.23 e-h). This likely reflects the rapid reduction in blood carbon dioxide levels due to 

hyperventilation, which induces vasoconstriction, decrease of CBF, and reduction of oxygen 

delivery; thereby directly impacts the BOLD signal [115, 201]. The asymmetrical shape of the 

hysteresis loop and its location below the unity line reflects that the BOLD response returns to 

baseline faster than the corresponding BFI changes.  

      Positive Pearson correlations were observed between the BFI and BOLD signals during BH, 

indicating a robust coupling between the blood flow and oxygenation hemodynamics under 

hypercapnic conditions (see figure 3.24 a, b). A lower correlation between the temporal 

hemodynamic responses following the HV task was observed which is related to a faster return 

of the BOLD signal to baseline compared to BFI signal (see figure 3.24 c, d). The higher 

correlation between the BFI and BOLD signal observed during BH compared to HV is 

consistent with the hysteresis analysis, indicating a more stable coupling between blood flow 

and oxygenation level changes under hypercapnic conditions. 

      The rCMRO₂ changes were further analyzed in response to the respiratory challenges. 

rCMRO₂ increased by approximately 5% during BH and decreased by around 1% during HV, 

consistent with some prior studies [205, 206] (see figure 3.25). The high standard deviation can 

be seen in the calculated rCMRO₂. Some other investigations have reported unchanged [207, 

208] or decreased [209, 210] rCMRO₂ during BH and increases during HV [206]. 

Consequently, considering the variability in reported CMRO₂ responses by different studies 

and the large standard deviation of this parameter calculated in this study, the estimated CMRO₂ 

changes should be interpreted with caution.  

      In this study, the BOLD calibration constant (M) was estimated to be 0.04, which is lower 

than values reported in other studies, approximately 0.079 [142] and 0.098 [211]. The 

estimation of M and rCMRO2 are linked together, meaning that changes in rCMRO2 affects the 

estimated M. Moreover miscalculation of M lead to error in estimation of rCMRO2 [212]. As 

M is calculated before the estimation of rCMRO2 (Equation 2.20), any possible changes in 

estimation of the later parameter is not considered. This limitation lead to inaccurate estimation 

of both M and rCMRO2 [213]. 

      The results of simultaneous hemodynamic response measured by DCS and BOLD-MRI 

techniques underscore the potential of DCS modalities for continuous monitoring of cerebral 

hemodynamic response and evaluating the neurovascular coupling effects. In particular, beside 
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cost efficiency and easy transportation of the equipment allowing for bedside monitoring, DCS 

offers better temporal resolution compared to MRI-based perfusion methods [214, 215].  

      The IVIM-derived pseudo-diffusion coefficient suffer from misestimation [12, 102]. Thus, 

in the last part of this study, I carried out series of tissue mimicking phantom measurements 

and muscle occlusion tests to evaluate the correlation between the IVIM-derived pseudo-

diffusion coefficient and flow index measured by cw-DCS.  

      As expected, increasing the flow in the tubes of the tissue mimicking phantom leads to 

significant increase of the DCS-derived flow index (see figure 4.27 a). For the cerebral 

microvascular perfusion with IVIM-derived pseudo diffusion coefficient (𝐷fast) within the 

range of ≤ 0.02 mm2 s⁄    [216], the estimation of the 𝐷fast is expected to be more reliable 

[155]. While for muscle capillaries with 𝐷fast > 0.02 mm2 s⁄  [217], the error in the estimated 

𝐷fast (see figures 3.27 b) is increased. This is due to the fact that the signal estimated using 

single-exponential model (Equation 2.21) at high b-values not only indicate Brownian related 

diffusion motion of water molecules, but also perfusion-related motion of water molecules 

[218]. These results suggest that flow index measured by cw-DCS is more accurate at the higher 

blood flow compared to 𝐷fast. 

      Although the IVIM-derived diffusion coefficient and perfusion fraction were not directly 

compared to the cw-DCS derived flow index and BFI, their accurate estimation is essential for 

reliable IVIM-derived pseudo-diffusion coefficient and flow quantification. Therefore, these 

parameters were also subjected to detailed data interpretation. Relatively constant IVIM-

derived diffusion coefficient (𝐷slow) was observed while increasing 𝐹pump in to the tubes of 

the tissue mimicking phantom (see figure 3.27 c). This result supports that 𝐷slow originates 

from Brownian motion of water molecules [218, 219]. 

      IVIM-derived perfusion fraction (𝑓) refers to the volume of the perfusion in each voxel 

[186, 187]. The low 𝑓 value when there is no flow, confirms the capability of the IVIM-MRI 

technique to distinguish the MR signal attenuation caused by diffusion and perfusion-related 

motion of water molecules (see figure 3.27 d). In all 𝐹pump, the cross section of tissue 

mimicking phantom’s tubes remained unchanged, leading to relatively constant 𝑓 for all 𝐹pump 

[218]. However, due to the lower accuracy of the IVIM technique in measuring the IVIM-

derived parameters at higher flows, the 𝑓 might be misestimated.  

      Here some limitations of the tissue mimicking phantom measurements are noted. The bigger 

inner diameter of tubes compared to the tissues’ microcapillaries, leads to the absence of shear 

stress effects [220] in tubes. Moreover, the tubes were rigid in size, whereas tissue’s 
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microcapillaries exhibit a compliance. In tissue the capillaries might be affected by blood 

pressure which may lead to additional perfusion related motion than what was observed in the 

rigid structure of tissue mimicking phantom. Additionally, the flow in tubes of the tissue 

mimicking phantom occurred only in one direction, while in vivo capillary networks are not 

linear in geometry. However, in DCS studies it has been reported that the single-direction of 

the flow in tubes of the tissue-mimicking phantom introduces only a small bias in results 

compared to a truly random orientation of microcapillaries in tissue [220].  

      To cross-evaluate the IVIM-derived perfusion and flow parameters and 𝐵𝐹𝐼DCS, series of 

muscle occlusion tests were performed on the healthy adult volunteers’ leg and forearm. The 

tissue blood perfusion is expected to decrease in response to the 60 and 180 mmHg occlusions 

[221, 222]. This decrease can be seen in 𝐵𝐹𝐼DCS measured during leg and forearm occlusions 

(see figures 3.30 (a) and 3.31 (a)). In contrast, there was an increase in the mean value and 

standard deviation of the perfusion-related motion derived by IVIM, averaged over all subjects 

(see figures 3.30 (b) and 3.31 (b)). This is possibly related to decrease of the blood perfusion in 

response to occlusions and consequently increased error in estimation of the 𝐷fast [105, 223]. 

It has been reported that, the 𝐷fast parameter estimation is highly sensitive to signal to noise 

ratio (SNR) changes [102, 224], and is overestimated at low SNR [225].  

      The muscle occlusions led to decrease of 𝐷slow (see figure 3.30 (c) and 3.31 (c)) which 

reflects the tissue’s extravascular water molecules diffusion [150, 153]. This decrease was 

observed in measurements carried out on both leg and forearm and is in agreement with [226]. 

However, the observed decrease was not statistically significant. Although extravascular tissue 

influences the DCS signal, its contribution to the estimated 𝐵𝐹𝐼DCS is minimal [166, 220]. Thus 

𝐷slow and 𝐵𝐹𝐼DCS are considered independent, leading to no correlation between these 

parameters. 

      Parameter 𝑓 represents the volume fraction of the blood flowing in the microcapillary 

network and is influenced by the size, density, and the spatial orientation of the microcapillaries 

[186, 187]. In response to 60 mm Hg pressure, venous occlusion is expected, leading to 

reduction the venous outflow while arterial inflow remains unchanged [227, 228]. Although 

this effect may depend on the diastolic blood pressure of the volunteers, it has been reported 

that venous occlusion at 60 mmHg pressure occurs in most adults [113, 229]. The venous 

occlusion is expected to lead to an increase of blood volume [230, 231] in both leg and forearm 

and consequently an increase in the mean value of the 𝑓. The 𝑓 averaged over all subjects was 

significantly increased in response to occlusion carried out at 60 mm Hg pressure (see figure 
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3.30 d and 3.31 d). In response to 180 mmHg pressure, the complete arterial occlusion is 

typically assumed to occur [127, 232]. Many factors may affect the blood pressure [226], 

leading to inter-subject differences of the 𝑓 parameter in response to 180 mmHg pressure. 

However, the differences between the averaged 𝑓 over all subjects measured during baseline 

and 180 mmHg pressure was not statistically significant.    

      The IVIM model assumes that microvascular capillaries are randomly oriented within a 

voxel. In response to the venous occlusions and increased blood volume [230, 231], voxels are 

likely to contain larger vessels. In such cases, blood perfusion within the tissue microcapillaries 

network doesn’t fulfill the IVIM model assumption that 𝐷fast is originated from randomly 

oriented capillary network. In this condition the microvascular perfusion is attributed to the 

𝐷slow instead of 𝐷fast leading to misestimation of 𝑓 and 𝐷fast [155, 225].  

      In IVIM-MRI, misestimation of 𝐷𝑓𝑎𝑠𝑡 referring to microvascular perfusion-related motion 

limits the clinical application of this technique [233]. This condition leads to necessity to use 

an additional technique for assessing the measured 𝐷fast. Altough no corelation was found 

between the 𝐷fast and 𝐵𝐹𝐼DCS in response to muscle occlusion, the tissue mimicking phantom 

results showed a positive correlation (𝑟 > 0.8) between the 𝐷fast and 𝐹𝐼DCS (see figure 3.28 a). 

Consequently, DCS can be considered as an additional technique to IVIM-MRI to assess the 

𝐷fast. The 𝐷fast and 𝐵𝐹𝐼DCS are measured based on mean square displacements of water 

molecoules and RBCs per time respectively expressed by mm2/s [220, 234]. Moreover, both 

parameters are affected by the heart rate and the viscosity of the perfusing fluid which contains 

both water molecules and RBCs [104, 235].  

      The differences in the physical properties of RBCs and water molecules may limit direct 

comparison of 𝐷fast and 𝐵𝐹𝐼DCS. RBCs are much larger (≈ 7 μm) than water molecules (≈

10−4 μm) and have a deformable disk-like shape [236, 237], leading to the different shear stress 

within the microcapillaries [166, 238]. As a result, the DCS-derived diffusion coefficient of 

RBCs is significantly lower (≈ 10−6 mm2/s) [166, 238] than the 𝐷fast (≈ 10−3 mm2/s) 

[103]. The tissues’ microstructure can affect the measured 𝐷fast and 𝐵𝐹𝐼DCS parameters. 𝐷fast 

depends on the random orientation of the capillary network in the considered voxel of tissue 

[150, 153]. While 𝐵𝐹𝐼DCS depends on the spatial distribution of the tissue’s micro vessels 

located under the optical probe on the volume between source and detector [166, 220]. Muscles 

with increased fat fraction can also affects both measured 𝐷fast and 𝐵𝐹𝐼DCS. In IVIM, increased 

fat fraction influences microvascular structure of tissues and microvascular perfusion. This 

leads to decrease in 𝐷fast and misestimation of this parameter [217]. In DCS, increased fat 
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fraction leads to decreased the estimated 𝜇𝑎 and BFI, while increasing the estimated 𝜇𝑠
′  of the 

tissue [25]. IVIM-MRI is very sensitive to the motion of organs related to respiratory 

movements [150, 153]. DCS is also affected by motion artifacts caused by vibrations of the 

MRI bed, which occurs due to the strong gradient pulses during the DWI scanning. Thus, 

experimental conditions can affect the measured 𝐷fast and 𝐵𝐹𝐼DCS and consequently lead to 

misestimation of these parameters.        

      The results of my investigations showed, no correlation between the 𝐷fast and IVIM-derived 

blood flow (𝐵𝐹IVIM = 𝑓. 𝐷fast) with 𝐵𝐹𝐼DCS during muscle occlusion test. The lack of 

correlation between the 𝐵𝐹IVIM and 𝐵𝐹𝐼DCS is related to the large standard deviation of the 

estimated 𝐷fast, which has also been reported in other studies in which IVIM was validated 

using other techniques [53, 225]. Thus, the misestimation of IVIM-MRI technique to quantify 

the microvascular perfusion may limits its clinical application.    
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  Conclusions  
 

Results of measurements carried out on two-layered phantom as well as estimations of muscle 

blood flow changes following muscle occlusion test and CBF changes during respiratory 

challenges show that an increase in SDS leads to improvement of the sensitivity of the signals 

measured by td-DCS to the changes of 𝛼𝐷b and BFI in deep layers of the tissues. These results 

show that the first hypothesis is true. 

      Positive correlation between the BFI changes measured by DCS techniques and the BOLD 

signals during respiratory challenges, confirm the potential of DCS techniques in monitoring 

cerebral hemodynamic responses specially for which the good temporal resolution is necessary. 

Moreover, DCS can be used as a complementary tool alongside BOLD-MRI technique to 

monitor the CMRO2. A positive correlation was also found between the IVIM-derived 

microvascular perfusion-related motion and DCS-derived flow index measured in series of 

experiments carried out on tissue mimicking phantom. It was also confirmed in analysis of 

correlation of in-vivo measured DCS signals that IVIM-MRI suffers from high uncertainty in 

estimating blood perfusion-related parameters.  

      Results presented in this thesis show good correlation between the hemodynamic responses 

measured by DCS and MRI techniques. Thus, DCS can be considered as a non-invasive 

portable tool for bed side monitoring of microvascular blood flow changes. These findings 

provide proof for the second hypothesis.  

      The study carried out suggest that further improvements in data analysis approach as well 

as in instrumentation for DCS are necessary in order to make this technique more practically 

useful in clinical applications.  
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