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INTRODUCTION TO MEDICAL 
IMAGING 

Medical imaging of the human body requires some form of energy. Iri the rri
0

ed­
ical imaging techniques used in radiology, clJ.e energy used co produce the image 
must be capable of penetrating tissues. Visible light, which has limited ability co 
penetrate tissues at depth, is used mostly outside ofche radiology department for 
medical imaging. Visible light images are used in dermatology (skin photogra­
phy) , gascroeoterology and obstetrics (endoscopy), and pathology (light 
microscopy). Of course, all disciplines in medicine use direct visual observation, 
which also utilizes visible light. In diagnostic radiology, che electromagnetic spec­
trum outside the vi ible light region is used for x-ray imaging, including mam­
mography and computed tomography, magnetic resonance imaging, and nuclear 
medicine. Mechanical energy, in the form of high-frequency sound waves, is used 
in ultrasound imaging. 

With the exception of nuclear medicine, all medical imaging requires that the 
energy used ro penetrate the body's tissues also interact with chose tissues. If energy 
were to pass through the body and not experience some type of inceraction (e.g., 
absorption, attenuation, scaaering), then the deteqed energy would nor contain 
any useful information regarding the internal anaromy, and thus it would nor be 
possible co construct an image of che anatomy using chat information. In nuclear 
medicine imaging, racLioacrive agents are i.njecced or ingested, and ic is the metabolic 
o.r physiologic interactions of the agent char give rise to the information in the 
images. , 

While medical images can have an aestbetic appearance, che diagnoscic util­
ity of a medical image relates to both che technical qualiry of cbe image and the 
conditions of its acqui ition. Consequently, rhe assessment of image quality in 
medical imaging iovolves very little artistic appraisal and a great deal of technical 
evaluacion. 1n most cases, the image quality that is obtained from medical imag­
ing devices involves compromise-bener x-ray images can be made when the 
radiation dose co che pacienc is high, better magnetic resonance images can be 
made when the image acquisition time is long, and bettet ultrasound images 
result when the ultrasound power levels are large. Of course, patient safety and 
comfort must be considered when acquiring medical images; thus excessive 
patient dose in the pursuit of a perfect image is not acceptable. Rather, the power 
levels used co make medical images require a balance between pacienr safety and 
image quality. • 



4 Section I: Basic Concepts 

1.1 THE MODALITIES 

Different types of medical images can be made by varying the types of energies used 
and the acquisition technology. The different modes of making images are referred 
to as modalities. Each modality has its own applications· in medicine. 

Radiography 

Radiography was the first medical imaging technology, made possible wheri the 
physicist Wilhelm Roi>ntgf'n rlisrnvf'r~rl x-r:::iys ~n Novf'mhf'r R, 1895 .. Rqentr;en 
also made the first radiographic images of human anatomy (Fig. 1-1); Radiogra­
phy (also called roentgenography) defined the field of radiology, and gave rise to 
radiologists, physicians who specialize in the interpretation of medical Images. 
Radiography is performed With an x-ray source on one side of the patient, and a 
(typically flat) x-ray detector on the other side. A short duration (typically less 
than ½ second) pulse of x-rays is emitted by the x-ray tube, a large fraction of the 
x-rays interacts in the patient, and some of the x-rays pass through the patient and 
reach the detector, where a radiographic image is formed. The homogeileous dis­
tribution of x-rays that enter the patient is modified by the degree to which the 
x-rays are removed from the beam (i.e., attenuated) by scattering and absorption 
within the tissues. The attenuation properties of tissues such as bone, soft tissue, 
and air inside the patient are very different, resulting in the heterogeneous distri­
bution of x-rays that emerges from the patient. The radiographic image is a pic­
ture of this x-ray distribution. The detector used in radiography can be photo­
graphic film (e.g., screen-film radiography) or an electronic detector system (i.e., 
digital radiography). 

FIGURE 1-1. The beginning of diagnostic 
radiology, represented by this famous radi­
ographic image made on December 22, 1895 
of the wife of the discoverer of x-rays, Wil­
helm Conrad Roentgen. The bones of her 
hand as well as two rings on her finger are 
clearly visible. Within a few months, Roent­
gen was able to determine the basic physical 
properties of x-rays. Nearly simultaneously, 
as word of the discovery spread around the 
world, medical applications of this "new 
kind of ray" propelled radiologic imaging 
into an essential component of medical care. 
In keeping with mathematical conventions, 
Roentgen assigned the letter "x" to repre­
sent the unknown nature of the ray and thus 
the term x-ray was born. Details regarding 
x-ray production and interactions can be 
found in Chapters 5 and 3, respectively. 
(Reproduced from Glasser 0. Wilhelm Con­
rad and Rontgen and the early history of the 
roentgen rays. Springfield, IL: Charles C. 
Thomas, 1933, with permission.) 
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Chapter 1: Introduction to Medical Imaging S 

FIGURE 1-2. The chest x-ray is the 
most ubiquitous image in diagnostic 
radiology. High x-ray energy is used 
for the purpose of penetrating the 
mediastinum, cardiac, and diaphragm 
areas of the patient without overex­
posing areas within the lungs. Varia­
tion in the gray-scale lmi=!ge represents 
.an ptteiiuation map of the x-r.ays: dark ·• • 
areas (high film optical density} have 
low attenuation, and bright arel:ls {low 
film optical density) have hjgh atteAu­
ation. The image here shows greater 
than normal attenuation in the lower 
lobes of the lungs, consistent with 
plural effusion, right greater than left. 
Rapid acquisition, low risk, low cost, 
and high diagnostic value are the 
major reasons why x-ray proje[tion 
imaging represents the bulk of all 
diagnostic imaging studies (typically 
60% to 70% of all images produced). 
Projection imaging physics is covered 
in Chapter 6. 

Transmission imaging refers to imaging in which the energy source is outside the 
body on one side, and the energy passes through the body and is detected on the 
other side of the body. Radiography is a transmission imaging modality. Projection 
imaging refers to the case when each point on the image corresponds to information 
along a straight line trajectory through the patient. Radiography is also a projection 
imaging modality. Radiographic images are useful for a very wide range of medical 
indications, including the diagnosis of broken bones, lung cancer, cardiovascular 
disorders, etc. (Fig. 1-2). 

Fluoroscopy 

Fluoroscopy refers to the continuous acquisition of a sequence of x-ray images over 
time, essentially a real-time x-ray movie of the patient. Fluoroscopy is a transmis­
sion projection imaging modality, and is, in essence, just real-time radiography. Flu­
oroscopic systems use x-ray detector systems capable of producing images in rapid 
temporal sequence. Fluoroscopy is used for positioning catheters in arteries, for 
visualizing contrast agents in the gastrointestinal (GI) tract, and for other medical 
applications such as invasive therapeucic procedures where real-ti.me image feedback 
is necessary. Fluoroscopy is also used to make x-ray movies of anatomic motion, 
such as of the heart or the esophagus. 

Mammography 

Mammography is radiography of the breast, and is thus a transmission projection 
type of imaging. Much lower x-ray energies are used in mammography than any 
other radiographic applications, and consequently modern mammography uses 
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FIGURE 1-3. Mammography is ci specialized x-
• ray projection imaging ~echnique . useful' for 
detecting breast anomalies such as masses and 
calcifications. The mar:nmogram in the image 
above demonstrates a spiculated mass (arrow) 
with an appearance that is typica l of a cancerous 
lesion in the breast, in addition to blood vessels 
and normal anatomy. Dedicated mamrnography 
equipment using low x-ray energies, k-edge fil­
ters, compression, screen/film detectors, antiscat­
ter grids, and automatic exposure control results 
in optimized breast images of high quality and 
low x-ray dose, as detailed in Chapter 8. X-ray 
mammography is the current procedure of 
choice for screening and early detection of 
breast cancer because of high sensitivity, excel­
lent benefit to risk, and low cost. 

x-ray machines and detector systems specifically designed for breast imaging. 
Mammography is used to screen asymptomatic women for breast cancer (screen­
ing mammography), and is also used to help in the diagnosis of women with 
breast symptoms such as the presence of a lump (diagnostic mammography) (Fig. 
1-3). 

Computed Tomography (CT) 

CT became clinically available in the early 1970s and is the first medical imaging 
modality made possible by the computer. CT images are produced by passing x­
rays through the body, at a large number of angles, by rotating the x-ray tube 
around the body. One or more linear detector arrays, opposite the x-ray source, 
collect the transmission projection data. The numerous data points collected in 
this manner are synthesized by a computer into a tomographic image of the 
patient. The term tomography refers to a picture (-graph) of a slice (tomo-). CT is 
a transmission technique that results in images of individual slabs of tissue in the 
patient. The advantage of a tomographic image over projection image is its abil­
ity to display the anatomy in a slab (slice) of tissue in the absence of over- or 
underlying structures. 

CT changed the practice of medicine by substantially reducing the need for 
exploratory surgery. Modern CT scanners can acquire 5-mrn-thick tomographic 
images along a 30-cm length of the patient (i.e., 60 images) in 10 seconds, and 
reveal the presence of cancer, ruptured discs, subdural hematomas, aneurysms, and 
a large number of other pathologies (Fig. 1-4). 
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Nuclear Medicine Imaging 

FIGURE 1-4. A computed tomography (CT) 
image of the abdomen reveals a ruptured disc 
(arrow) manifested as the bright area of the 
image adjacent to the vertebral column. 
Anatomic structure.s such a? the kidneys, arter­
ies, and intestines are clearly represented in 
the image. CT provides high-contrast sensitiv­
ity for soft tissue, bone, and air interfaces 
without superimposition of anatomy. With 
recently implemented multiple array detec­
tors, scan times of 0.5 seconds.per-360-degrees 
and fast computer reconstruction ·permits 
head-to-toe imaging in as little as 30 seconds. 
Because of fast acquisition speed, high-con­
trast sensitivity, a·nd ability to image tissue, 
bone, and air, CT remains ·the wo°rkhorse of 
tomographic imaging in diagnostic radiology. 
Chapter 13 describes the details of CT. 

Nuclear medicine is the branch of radiology in which a chemical or compound con­
raiuing a radioactive isorope is given ro the patieru orally, by injection, or by inhala­
tion. Once the compound has distributed itself according ro the physiologic sracus 
of the patient, a radiation detector is used ro make projection images from the x­

and/or gamma rays emitted during radioactive decay of rhe agem. Nuclear medi­
cine produces emission images (as opposed co tran mission images), because che 
radioisotopes emit their energy from inside the parienr. • 

Nuclear medicine imaging is a form of fimctiotud imaging. Rather than yield­
ing information about just the anacomy of the patient, nuclear medicine images 
provide inforinarion regarding rhe physiologic conditions in the patient. For exam­
ple, challium rends co concentrate in normal hearc muscle, but does not concencrare 
as well. in areas that are infarcted or ischemic. These areas appear as "cold spots" on 
a nuclear medicine image, and are indicative of the functional status of the heart. 
Thyroid tissue has a great affinity for iodine, and by admiaiscering radioactive 
iodine (or its analogs), the thyroid can be imaged. If thyroid cancer has metasrasized 
in the patient, then "hot spars" indicating their locacion will be p.resenc on the 
nuclear medicine images. Thus functional imaging is the force of nuclear medicine. 

Nuclear Medicine Planar Imaging 

Nuclear medicine planar images are projection images, since each point on the 
image is representative of the radioisotope activity along a line projected through 
the patient. Planar nuclear images are essentially two-dimensional maps of the 
radioisotope distribution, and are helpful in the evaluation of a large number of dis­
orders (Fig. 1-5). 

Single Photon Emission Computed Tomography (SPECT) 

SPECT is the comographic counterpart of nudear medicine planar imaging, just 
like CT is the romographic coumerpart of radiography. In SPECT, a nuclear cam-
era recnrds x- or o -:i- mm~-r"l, t .,o.m; rt" ;,..._ C" r .. ,.,. _.. -L - ---=--- c_ _ _ • • r , .rr 
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FIGURE 1-5. Anterior and posterior whole-body borie 
scan of a 74-year-old woman with a history of right 
breast cancer. This patient was injected with 925 MBq 
(25 mCi) of technetium (Tc) 99m methylenediphospho­
nate (MDP) and was imaged 3 hours later with a dual­
headed whole-body scintillation camera. The scan 
demonstrates multiple areas of osteoblastic metastases 
in the axial and proximal skeleton. Incidental findings 
include an arthritis pattern in the shoulders and left 
knee. Computer processed planar imaging is still the 
standard for many nuclear medicine examinations (e.g., 
whole-body bone scans, hepatobiliary, thyroid, renal, 
and pulmonary studies). Planar nuclear imaging is dis­
cussed in detail in Chapter 21. (Image courtesy of Dr. 
David Shelton, University of California, Davis Medical 
Center, Davis, CA.) 

FIGURE 1-6. A myocardial perfusion stress test utilizing 
thallium 201 (Tl 201) and single photon emission com­
puted tomography (SPECT) imaging was performed on a 
79-year-old woman with chest pain. This patient had 
pharmacologic stress with dipyridamole and was 
injected with 111 MBq (3 mCi) of Tl 201 at peak stress. 
Stress imaging followed immediately on a variable­
angle two-headed SPECT camera. Image data was 
acquired over 180 degrees at 30 seconds per stop. The 
rest/redistribution was done 3 hours later with a 37-MBq 
(1-mCi) booster injection of Tl 201. Short axis, horizontal 
long axis, and vertical long axis views show relatively 
reduced perfusion on anterolateral wall stress images, 
with complete reversibility on rest/redistribution 
images. Findings indicated coronary stenosis in the left 
anterior descending (LAD) coronary artery distribution. 
SPECT is now the standard for a number of nuclear med­
icine examinations including cardiac perfusion and brain 
and tumor imaging. SPECT imaging is discussed in detail 
in Chapter 22. (Image courtesy of Dr. David Shelton, Uni­
versity of California, Davis Medical Center, Davis, CA.) 

' 
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angtes around the patient. These projection data are used to reconstruct a series of 
tomographic emission images. SPECT images provide diagnostic functional infor­
mation similar to nuclear planar examinations; however, their tomographic nature 
allows physicians to beccer understand the precise distribution of che radioactive 
agent, and co make a better assessment of the function of specific organs or tissues 
within the body (Fig. 1-6) . The same radioactive isotopes are used in both planar 
nuclear imaging and SPECT. 

Positron Emission Tomography (PET) 

Positrons ire positively charged electrons, and are emttted by some radioactive iso­
ropes such as fluorine 18 and oxygen 15. These radioisotopes are incorporated into 
merabolically relevant compounds [such as 18F-£1.uorodeoxyglucose (FDG)], which 
localize in the body after adminiscracion. The decay of the isqtope produces a 
positron, which rapidly undergoes a very unique interaction: the positron (e+) com­
bines with an electron (e-) from the surrounding tissue, and the mass of both thee• 
and the e- is converted by annihilation into pure energy, following Einstein's famous 
equation E = m?. The energy that is emitted is called annihilation radiation. Anni­
hilation radiation production is similar to gamma-ray emission, except that two 

photons are emitted, and they are emitted in almost exactly opposite directions, i.e., 
180 deg.rees from each other. A PET scanner utilizes a ring of detectors that sur­
round the patient, and has special circuitry that is capable of identifying the pho­
ton pairs produced during annihilarion. When a photon pair is detected by rwo 
detectors on the scanner, ic is known that the decay event rook place somewhere 
along a straight line becween those two detectors. This information is used to math­
ematically compute the three-dimensional distribution of the PET agent, resulting 
in a series of tomographic emission images. 

Al.though m.ore expensive than SPECT, PET has clinical advantages in certain 
diagnostic areas. The PET detector system is more sensitive to the piesence of 
radioisotopes than SPECT cameras, and thus can detect very subtle pathologies. 
Furthermore, many of the elements that emit posiaons (carbon, oxygen, fluorine) 
are quite physiologically relevant (fluorine is a good substitute for a hydroxyl 
group), and can be incorporated into a large nwnber of biochemicals. The mosr 
important of these is 18FDG, which is concentrated in tissues of high glucose 
metabolism such as primary tumors and their metastases (Fig. 1-7). 

Magnetic Resonance Imaging (MRI) 

MRI scanners use magnetic fields that are about 10,000 to 60,000 times stronger 
than the earth's magnetic field. Most MIU utilizes the nuclear magnetic resonance 
properties of the proton- i.e., the nucleus of the hydrogen atom, which is very 
abundant in biologic tissues (each cubic millimeter of tissue contains about 1018 

protons). The proton has a magnetic moment, and when placed in a 1.5-resla (T) 
magnetic field, che proton will preferentially absorb radio wave energy at the reso­
nance frequency of 63 megahertz (MHz). 

In MRI, the patient is placed in the magnetic field, and a pulse of radio waves 
is generated by antennas ("coils") positioned around che patient. The protons in the 
patient absorb the radio waves, and subsequently reemit this radio wave energy afrer 
a period of rime chat depends on the very localized magnetic properties of the sur-
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FIGURE 1•7. Whole-body positron emission tomography (PET) scan 
of a 54-year-old man with malignant melanoma. Patient was 
injected intravenously with 600 MBq (16 mCi) of 18F-deoxyglucose. 
The patient was imaged for 45 minutes, beginning 75 minutes after 
injection of the radiopharmaceutical. The image demonstrates 
extensive metastatic disease with abnormalities throughout the axial 
and proximal appendicular skeleton, right and left lungs, liver, and 
left inguinal and femoral lymph nodes. The unique ability of the PET 
scan in this case was to correctly assess the extent of disease, which 
was underestimated by CT, and to serve as a baseline agairisi. which 
future comparisons could be made to assess the effects of 
immunochemotherapy. PET has applications in functional brain and 
cardiac imaging and is rapidly becoming a routine diagnostic tool in 
the staging of many cancers. PET technology is discussed in detail in 
Chapter 22. (Image courtesy of Dr. George Segall, VA Medical Center, 
Palo Alto, CA.) 

rounding tissue. The radio waves emitted by the protons in the patient are detected 
by the antennas that surround the patient. By slightly changing the strength of the 
magnetic field as a function of position in the patient (using magnetic field gradi­
ents), the proton resonance frequency will vary as a function of position, since fre­
quency is proportional to magnetic field strength. The MRI system uses the fre­
quency (and phase) of the returning radio waves to determine the position of each 
signal from the patient. The mode of operation of MRI systems is often referred to 
as spin echo imaging. 

MRI produces a set of tomographic slices through the patient, where each 
point in the image depends on the micromagnetic properties of the corresponding 
tissue at that point. Because different types of tissue such as fat, white, and gray 
matter in the brain, cerebral spinal fluid, and cancer all have different local mag­
netic properties, images made using MRI demonstrate high sensitivity to anatomic 
variations and therefore are high in contrast. MRI has demonstrated exceptional 
utility in neurologic imaging (head and spine), and for musculoskeletal applications 
such as imaging the knee after athletic injury (Fig. 1-8). 

MRI is a tomographic imaging modality, and competes with x-ray CT in many 
clinical" applications. The acquisition of the highest-quality images using MRI 
requires tens of minutes, whereas a CT scan of the entire head requires about 10 
seconds. Thus, for patients where motion cannot be controlled (pediatric patients) 
or in anatomic areas where involuntary patient motion occurs (the beating heart ... 
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FIGURE 1-8. Sagittal (upper left), coronal (lower left), and axial (right) normal images of the brain 
demonstrate the exquisite contrast sensitivity and acquisition capa bi lity of magnetic resonance 
imaging (MRI). Image contrast is generated by speci fic MR pu lse sequences (upper images are T1-
weighted, lower images are T2 weighted) to emphasize the magnetization characteristics of the tis­
sues p laced in a strong magnetic f ield, based on selective excitation and reem ission of radiofre­
quency signals. MRI is widely used for anatomic as well as physiologic and functional imaging, and 
is the modality of choice for neurologic assessment, staging of cancer, and physiologic/anatomic 
evaluation of extremities and joints. Further information regarding MRI can be found in Chapters 14 
and 15. 
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and the churning intestines), CT is often used instead of MRI. Also, because of the 
large magnetic field used in MRI, electronic monitoring equipment cannot be used 
while the patient is being scanned. Thus, for most trauma, CT is preferred. MRI 
should not be performed on patients who have cardiac pacemakers or internal fer- • 
romagnetic objects such as surgical aneurysm clips, metal plate or rod implants, or 
metal shards near critical structures like the eye. 

Despite some indicarions where MRI should noc be used, fasc image acquisi­
cion rechniques using special coils have made it possible ro produce images in much 
shorcer periods of rime, and chis has open~d up the potential of us.ing ,M,RI for 
imaging of the morion-prone thorax and abdomen. MRf scanners aa al !:> dececc • 
the presence of motion, which is useful for monitoring blood flow through arteries 
(MR angiography). • • 

Ultrasound Imaging 

When a book is dropped on a table, the impact causes pressure waves ( called sound) 
to propagate through the air such that they can be heard at a distance. Mechanical 
energy in the form of high-frequency ("ultra'') sound can be used to generate images 
of the anatomy of a patient. A short-duration pulse of sound is generated by an 
ultrasound transducer that is in direct physical contact with the tissues being 
imaged. The sound waves travel into the tissue, and are reflected by internal struc­
tures in the body, creating echoes. The reflected sound waves then reach the trans-

FIGURE 1-9. The ultrasound image is a map of the echoes from tissue boundaries 
of high-frequency sound wave pulses (typically from 2 to 20 MHz frequency) gray­
scale encoded into a two-dimensional tomographic image. A phased-array trans­
ducer operating at 3.5 MHz produced this normal obstetrical ultrasound image of 
Jennifer Lauren Bushberg (at approximately 31

/2 months). Variations in the image 
brightness are due to acoustic characteristics of the tissues; for example, the fluid in 
the placenta is echo free, while most fetal tissues are echogenic and produce a 
larger signal strength. Shadowing is caused by highly attenuating or scattering tis­
sues such as bone or air and the corresponding distal low-intensity streaks. Besides 
tomographic acoustic imaging, distance measurements (e.g., fetal head diameter 
assessment for aging), and vascular assessment using Doppler techniques and color 
flow imaging are common. Increased use of ultrasound is due to low equipment 
cost, portability, high safety, and minimal risk. Details of ultrasound a re found in 
Chapter 16. 
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ducer, which records the returning sound beam. This mode of operation of an ultra­
sound device is called pulse echo imaging. The sound beam is swept over a range of 
angles (a sector) and the echoes from each line are recorded and used to compute 
an ultrasonic image in the shape of a sector (sector scanning). . 

Ultrasound is reflected strongly by interfaces, such as the surfaces and internal 
structures of abdominal organs. Because ultrasound is less harmful than ionizing 
radiation to a growing fetus, ultrasound imaging is preferred in obstetric patients 
(Fig. 1-9). An interface between tissue and air is highly echoic, and thus very little 
sound can penetrate from tissue irito an air-f~led cavity. Therefore, :ulirasound 
imaging has less utility in the thorax where the air in the lungs presents a wall that 
the sound beam cannot penetrate. Similarly, an interface between tissue arid bone 
is also highly echoic, thus making brain imaging, for example, impractical in most 
cases. 

Doppler Ultrasound Imaging 

Doppler imaging using ultrasound makes use of a phenomenon familiar to train 
enthusiasts. For the observer standing beside railroad tracks as a rapidlv moving 
train goes by blowing its whistle, the pitch of the whistle is higher as the train 
approaches and becomes lower as the train passes by the observer and speeds off 
into the distance. The change in the pitch of the whistle, which is an apparent 
change in the frequency of the sound, is a result of the Doppler effect. The same 
phenomenon occurs at ultrasound frequencies, and the change in frequency (the 
Doppler shift) is used to measure the motion of blood or of the heart. Both the 
velocity and direction of blood flow can be measured, and color Doppler display 
usually shows blood flow in one direction as red and in the other direction as 
blue. 

1.2 IMAGE PROPERTIES 

Contrast 

Contrast in an image is the difference in the gray scale of the image. A uniformly 
gray image has no contrast, whereas an image with vivid transitions between dark 
gray and light gray demonstrates high contrast. Each imaging modality generates 
contrast based on different physical parameters in the patient. 

X-ray contrast (radiography, fluoroscopy, mammography, and CT) is produced 
by differences in tissue composition, which affect the local x-ray absorption coeffi­
cient, which in turn is dependent on the density (g/cm3) and the effective atomic 
number. The energy of the x-ray beam (adjusted by the operator) also affects con­
trast in x-ray images. Because bone has a markedly different effective atomic num­
ber (Zeff"" 13) than soft tissue (Zeff"" 7), due to its high concentration of calcium 
(Z = 20) and phosphorus (Z = 15), bones produce high contrast on x-ray image 
modalities. The chest radiograph, which demonstrates the lung parenchyma with 
high tissue/airway contrast, is the most common radiographic procedure performed 
in the world (Fig. 1-2). 

CT's contrast is enhanced over other radiographic imaging modalities due to 
its tomographic nature. The absence of out-of-slice structures in the CT image 
greatly improves its image contrast. 
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Nuclear medicine images (planar images, SPECT, and PET) are maps of the 
spatial distribution of radioisotopes in the patients. Thus, contrast in nuclear images 
depends on the tissue's ability to concentrate the radioactive material. The uprake 
of a radiopharmaceutical administered to rhe parienr is dependent on rhe phai-ma­
cologic interaction of the agem wich the body. PET and SPECT have much better 
contrast than planar nuclear imaging because, like CT, the images ace nor obscured 
by out-of-slice structures. 

Contrast in MRI is related primarily co the proton densiry and to relaxation 
phenomena (i.e., how fasr a group of protons gives up irs absp~b.ed e-.n~rgy): ·p·rocon 
density is influenced by rhe mass density (g/cm1), so MRI can .produce images ·rhac 
look somewhat like CT images. Procon de~sicy dif{ers among tissue.types; and in 
particular adipose cissues have a higher proportion of protons than other tissues, 
due co the high concentration of hydrogen in far [CH3(CH2)n.COOH] . Two dif­
ferenc relaxation mechanisms (spin/lattice and spin/spin) are present in tissue, and 
the dominance of one over the other can be manipulated by the riming of che 
radiofrequency (RF) pulse sequence and magnetic field variations in the MRI sys­
tem. Through the clever application of different pulse sequences, blood flow can be 
detected using MRI techniques, giving rise to the field of MR angiography. Con­
trast mechanisms in MRI are complex, and thus provide for the flexibility and util­
ity of MR as a diagnostic tool. 

Contrast in ultrasound imaging is largely determined by the acoustic properties 
of the tissues being imaged. The difference between the acottstic impedances (cissue 
density x speed of sound in tissue) of two adjacent tissues or ocher subsrances affects 
the amplitude of the returning ultrasound signal. Hence, contrast is quite apparent 
at tissue interfaces where the differences in acoustic impedance are large. Thus, 
ultrasound images display unique information about patient anatomy not provided 
by other imaging modalities. Doppler ultrasound imaging shows the amplitude and 
direction of blood flow by analyzing the frequency shift in the reflected signal, and 
thus motion is the source of contrast. 

Spatial Resolution 

Just as each modality has different mechanisms for providing contrast, each modal­
ity also has different abilities to resolve fine detail in the patient. Spatial resolution 
refers to the ability to see small detail, and an imaging system has higher spatial res­
olution if it can demonstrate the presence of smaller objects in the image. The lim­
iting spatial resolution is the size of the smallest object that an imaging system can 
resolve. 

Table 1-1 lists the limiting spatial resolution of each imaging modality used in 
medical imaging. The wavelength of the energy used to probe the object is a fun­
damental limitation of the spatial resolution of an imaging modality. For example, 
optical microscopes cannot resolve objects smaller than the wavelengths of visible 
light, about 500 nm. The wavelength of x-rays depends on the x-ray energy, but 
even the longest x-ray wavelengths are tiny-about one ten-billionth of a meter. 
---r1, '. r . c. _ .... 1. .. ___ _ _ I ··-- -'-· -' -·-: _______ : ___ : __ L--- :- ..J ___ ------ - -~ ~L- ~L -
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TABLE 1-1. THE LIMITING SPATIAL RESOLUTIONS OF VARIOUS MEDICAL 
IMAGING MODALITIES: THE RESOLUTION LEVELS ACHIEVED IN TYPICAL 
CLINICAL USAGE OF THE MODALITY 

Modality t:,,. (mm) Comment$ 

• Screen film radiography 0.08 Limited by focal spot and detector resolution 
Limited by size cif detector elements Digital radiography 

Fluoroscopy 
_Screen film mammography 
Digital mammography 
Computed tomography 
Nuclear medicine planar 

imaging 
Single photon emission 

computed tomography 
Positron emission tomography 

Magnetic resonance imaging 
Ultrasound imaging (5 MHz) 

0.17 
0.125 
0.03 

0.05-0.10 
0.4 
7 

7 

5 

1.0 
0.3 

Limitecj by detector and focal spot 
Highest·resolution modality in radiology 
Limited by size of detector elements : , 
About 1/z-mm pixels • • • 

Spatial resolution degrades substantia_lly with 
distance from detector • 

Spatial resolution worst toward the center of 
cross-sectional image slice 

Better spatial resolution than with the other 
nuclear imaging modalities 

Resolution can improve at higher magnetic fields 
Limited by wavelength of sound 

MRI poses a paradox to the wavelength imposed resolution rule-the wave­
length of the RF waves used (at 1.5 T, 63 MHz) is 470 cm, but the spatial resolu­
tion of MRI is better than a millimeter. This is because the spatial distribution of 
the paths of RF energy is not used to form the actual image ( contrary to ultrasound, 
light microscopy, and x-ray images). The RF energy is collected by a large antenna, 
and it carries the spatial information of a group of protons encoded in its frequency 
spectrum. 



i COMPUTERS IN MEDICAL IMAGING 

Computers were originally designed to perform mathematical computations and 
other data processing tasks very quickly. Since then, they have come to be used for 
many other purposes, including information display, information storage, and, in 
conjunction with computer networks, information transfer and communications. 

Computers were introduced in medical imaging in the early 1970s and have 
become increasingly important since that time. Their first uses in medical imaging 
were mostly in nuclear medicine, where they were used to acquire series of im<!ges 
depicting the organ-specific kinetics of radiopharmaceuticals. Today, computers are 
essential to many imaging modalities, including x-ray computed tomography (CT), 
magnetic resonance imaging (MRI), single photon emission computed tomography 
(SPECT), positron emission tomography (PET), and digital radiography. 

Any function that can be performed by a computer can also be performed by 
a hard-wired electronic circuit. The advantage of the computer over a hard-wired 
circuit is its flexibility. The function of the computer can be modified merely by 
changing the program that controls the computer, whereas modifying the function 
of a hard-wired circuit usually requires replacing the circuit. Although the computer 
is a very complicated and powerful data processing device, the actual operations 
performed by a computer are very simple. The power of the computer is mainly due 
to its speed in performing these operations and its ability to store large volumes of 
data. 

In the next section of this chapter, the storage and transfer of data in digital 
form are discussed. The following sections describe the components of a computer; 
factors that determine the performance of a computer; computer software; and the 
acquisition, storage, and display of digital images. Computer networks, picture 
archiving, and communications systems (PACS), and teleradiology are discussed in 
detail in Chapter 17. 

4.1 STORAGE AND TRANSFER OF DATA IN COMPUTERS 

Number Systems 

Our culture uses a number system based on ten, probably because humans have five 
fingers on each hand and number systems having evolved from the simple act of 
counting on the fingers. Computers use the binary system for the electronic storage 
and manipulation of numbers. 

. , •. 
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Decimal Form (Base 10) 

In the decimal form, the ten digits O through 9 are used to represent numbers. To 
represent numbers greater than 9, several digits are placed in a row. The value-of 
each digit in a number depends on its position in the row; the value of a digit in 
any position is ten times the value it would represent if it were shifted one place to 
the right. For example, the decimal number 3,506 actually represents: 

(3 X 103) + (5 X 102) + (0 X 101) + (6 X 10°) 

where 101 = 10 and 10° = l. The leftmost digit in a riumber is called the most sig- • 
nificant digit and the rightmost digit is ca.lied the least significant di'git . . 

Binary Form (Base 2) 

In binary form, the two digits O and 1 are used to represent numbers. Each of these 
two digits, by itself, has the same meaning that it has in the decimal form. To rep­
resent numbers greater than 1, several digits are placed in a row. The value of each 
digit in a number depends on its position in the row; the value of a digit in any posi­
tion is two times the value it would represent if it were shifted one place to the right. 
For example, the binary number 1101 represents: 

(1 X 23) + (1 X 22) + (0 X 21) + (1 X 2°) 

where 23 = 8, 22 = 4, 2 1 = 2, and 2° = l. To count in binary form, 1 is added to the 
least significant digit of a number. If the least significant digit is 1, it is replaced by 
0 and 1 is added to the next more significant digit. If several contiguous digits on the 
right are 1, each is replaced by O and 1 is added to the least significant digit that was 
not 1. Counting the binary system is illustrated in Table 4-1. 

Conversions Between Decimal and Binary Forms 

To convert a number from binary to decimal form, the binary number is expressed 
as a series of powers of cwo and the terms in the series are added. For example, to 
convert the binary number 101010 to decimal form: 

iblOlO (binary) = (1 X 25) + (OX 24) + (1 X 23) + (OX 22) + (1 X 21) + (OX 2°) 

TABLE 4-1. NUMBERS IN DECIMAL 
AND BINARY FORMS 

Decimal Binary Decimal Binary 

0 0 8 1000 
9 1001 

2 10 10 1010 
3 11 11 1011 
4 100 12 1100 
5 101 13 1101 
6 110 14 1110 
7 111 15 1111 

16 10000 
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TABLE 4-2. CONVERSION OF 42 (DECIMAL) INTO 
BINARY FORMa 

Division Result Remainder 

42/2 == 21 0 Least significant digit 
21/2 == 10 1 
10/2 == 5 0 
5/2 == 2 1 
2/2 == 1 0 
1/2 == 0 Most significant digit 

•ft is repeatedly divided by 2, with the remainder recordeq after each 
division. The binary equivalent of 42 (decimal) is t herefore 101010. 

== (1 X 32) + (1 X 8) + (1 X 2) == 42 (decimal). 

To convert a nwnber from decimal into binary representation, it is repeatedly 
divided by two. Each division determines one digit of the binary representation, 
scarring with the least significant. If there is no remainder from the division, the 
digit is O; if the remainder is 1, the digit is 1. The conversion of 42 (decimal) into 
binary form is illustrated in Table 4-2. 

Considerations Regarding Number Systems 

Whenever it is not clear which form is being used, the form will be written in paren­
theses after the number. If the form is noc specified, it can usually be assumed that 
a number is in decimal form. Jc is important not .co confuse the binary representa­
tion of a number with its more fam iliar decimal representation. For example, 10 
(binary) and 10 (decimal) represent differenr numbers, although they look alike. 
On the ocher hand, 1010 (binary) and 10 (decimal) represent the same number. 
The only numbers that appear the same in both systems are O and 1. 

Digital Representation of Data 

Bits, Bytes, and Words 

Computer memory and storage consist of many elements called bits (for binary dig­
its) , each of which can be in one of two stares. A bit is similar to a light switch, 
because a light switch can only be on or off. In most computer memory, each bit is 
a transistor; on is one state and off is the other. In magnetic storage media, such as 
magnetic disks and magnetic tape, a bit is a small portion of the disk or tape that 
may be magnetized. 

Birs are grouped into bytes, each consisting of eight bits. The capacity of a com­
purer memory or storage device is usually described in kilobytes, megabytes giga­
bytes, or terabytes (Table 4-3). Bies are also grouped inro words. The number of bics 
in a word depends on the computer system; 16-, 32-, and 64-bit words are common. 

Digital Representation of Different Types of Data 

General-purpose computers must be able to store and process several types of data 
in digital form. For example, if a computer is to execute a word processing program 
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TABLE 4-3. UNITS TO DESCRIBE COMPUTER STORAGE CAPACITYa 

1 kilobyte (kB)= 210 bytes= 1024 bytes= a thousand bytes 
1 megabyte (MB)= 220 bytes= 1024 kilobytes= 1,048,576 bytes= a million bytes 
1 gigabyte (GB)= 230 bytes= 1024 megabytes= 1,073,741,824 bytes= a billion bytes 
1 terabyte (TB) = 240 bytes= 1024 gigabytes= 1,099,511,627,776 = a trillion bytes 

•Note that the prefixes kilo-, mega-, giga-, and tera- have slightly different meanings when used to 
describe computer storage capacity than in standard scientific usage. 

or a program that scores and retrieves pacien~ daca, it must be able co represent 
alphanumei:ic data (text), such as a patient's name, in digital form. Computers muse 
also be able co 1·epresent numbers in digital form. Mose computers have several data 
formars for numbers. For example, one computer system provides formats for 1-, 2-, 
4- and 8-byte positive integers; 1-, 2-, 4-, and 8-byre signed integers ("signed" 
meaning chat they may have posicive or negative values); and 4- and 8-byte float­
ing-point numbers (ro be discussed shortly). 

When numbers can assume very large or very small values or must be repre­
sented with great accuracy, for.macs req_uiring a large amount of storage per num­
ber muse be used. However, if numbers are rescricced co integers within a limited 
range of values, considerable savings in storage and processing rime may be real­
ized. For instance, the gray-scale values in ulcra,sound images rypically range from 
0 (black) to 255 (whi te), a range of 256 numbers. As will be seen in the follow­
ing section, any gray-scale value within this range can be represented by only 
eight birs. The following sections describe schemes for the digital represencarion 
of different cypes of data. 

Storage of Positive Integers 

As discussed above, computer memory and storage consist of many bits. Each bit 
can be in one of two states and can therefore represent the numbers 0 or 1. Two bits 
have four possible configurations (00, 01, 10, or 11) that in decimal form are 0, 1, 
2, and 3. Three bits have eight possible configurations (000, 001 , 010, 011, 100, 
101, 110, or 111) that can represent the decimal numbers 0, 1, 2, 3, 4, 5, 6, and 7. 
In general, N bits have 2N possible configurations and can represent integers from 
0 to 2N - 1. One byre can therefore store integers from Oto 255 and a 16-bit word 
can score integers from 0 to 65,535 (Table 4-4). 

TABLE 4-4. NUMBER OF BITS REQUIRED TO STORE INTEGERS 

Number of Possible Number of Represent Integers 
Bits Configurations Configurations (Decimal Form) 

1 0, 1 2 0, 1 
2 00,01, 10, 11 4 0, 1,2,3 
3 000,001,010,011, 100,101,110,111 8 0, 1,2,3,4,5,6,7 
8 00000000 to 11111111 256 0 to 255 

16 0000000000000000 to 1111111111111111 65,536 0 to 65,535 
N 2N 0 to 2N - 1 
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Binary Representation of Signed Integers 

The previous discussion dealt only with positive integers. It is often necessary for 
computers to manipulate integers that can have positive or negative values. There 
are many ways to represent signed integers in binary form. The simplest method is 
to reserve the first bit of a number for the sign of the number. Setting the first bit 
to O can indicate that the number is positive; whereas setting it to 1 indicates that 
the number is negative. For an 8-bit number, 11111111 (binary) = -127 (decimal) 
is the most negative number and O 1111111 (binary) = 127 (decimal) is the largest 
positive number. Mose computers use a different scheme c~Hed "twos complement 
notation" to represent signed integers, which simplifies the circuitry needed to add 
positive and negative integers. 

Floating-Point Form 

Computers used for scientific purposes must be able to manipulate very large num­
bers, such as Avogadro's number (6.022 x 1023 molecules per gram-mole) and very 
small numbers, such as the mass of a proton (1.673 X 10-27 kilograms). These num­
bers are usually represented in floating-point form. Floating-point form is similar to 
scientific notation, in which a number is expressed as a decimal fraction times ten 
raised to a power. A number can be also written as a binary fraction times two to a 
power. For example, Avogadro's number can be written as 

0.11111111 (binary) X 2°1001111 (binary)_ 

When a computer stores the number in floating-point form, it stores the pair 
of signed binary integers, 11111111 and O 1001111. 

Binary Representation of Text 

It is often necessary for computers to store and manipulate alphanumeric data, such 
as a patient's name or the text of this book. One common method for representing 
alphanumeric data in binary form is the American Standard Code for Information 
Interchange (ASCII). Each character is stored in one byte. The byte values from 
00000000 to 01111111 (binary) are used to define 128 characters, including upper­
and lowercase letters, the digits O through 9, many punctuation marks, and several 
carriage-control characters such as line feed. For example, the carriage-control char­
acter "carriage return" is represented by 00001101, the uppercase letter ''A" is repre­
sented by 01000001, the comma is represented by 00111010, and the digit "2" is 
represented by 00110010. Several other methods for representing text in binary form 
that permit more than 128 characters to be represented are also in use. 

Transfers of Data in Digital Form 

Data are transferred between the various components of a computer, such as the 
memory and central processing unit, in binary form. A voltage of fixed value (such 
as 5 V) and fixed duration on a wire can be used to represent the binary number 1 
and a voltage of O V for the same duration can represent 0. A group of such voltage 
pulses can be used to represent a number, an alphanumeric character, or other unit 
of information. (This scheme is called "unipolar" digital encoding. Many other dig­
ital encoding schemes exist.) 
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FIGURE 4-1. Serial (left) and 
para I lei (right) transfers of 
digital data .. 

A unit of data (e.g., a byte or 16-bit word) may be sent in serial form over a .sin­
gle wire by transferring each bit value in succession, as shown on the left iri Figure 
4-1. A much faster way of transferring the same unit of data is to use several wires, 
with each bit value being transferred over its own wire, as shown on the right in Fig. 
4-1. This is called parallel data transfer. If eight wires are used for data transfer, a 
byte can be transferred in an eighth of the time required for serial transfer. 

A group of wires used to transfer data between several devices is called a data bus. 
Each device connected to the bus is identified by an address or a range of addresses. 
Only one device at a time can transmit information on a bus, and in most cases only 
one device receives the information. The sending device transmits both the informa­
tion and the address of the device that is intended to receive the information. Some 
buses use separate wires for the data and addresses, whereas others transmit both over 
the same wires. The width of a bus refers to the number of wires used to transmit data. 
For example, a 32-bit bus transmits 32 bits of data simultaneously. Buses usually have 
additional wires, such as a ground wire to establish a reference potential for the volt­
age signals on the other wires, wires tO carry control signals, and wires at one or more 
constant voltages to provide electrical power to circuit boards attached to the bus. 

4.2 ANALOG DATA AND CONVERSION BETWEEN ANALOG 
AND DIGITAL FORMS 

Analog Representation of Data 

Numerical data can be represented in electronic circuits by analog form instead of dig­
ital form by a voltage or voltage pulse whose amplitude is proportional to the num­
ber being represented, as shown in Fig. 4-2A. An example of analog representation is 
a voltage pulse produced by a photomultiplier tube attached to a scintillation detec­
tor. The amplitude (peak voltage) of the pulse is proportional to the amount of energy 
deposited in the detector by an x- or gamma ray. Another example is the signal from 
the video camera attached to the image intensifier tube of a fluoroscopy system; the 
voltage at each point in time is proportional to the intensity of the x-rays incident on 
a portion of the input phosphor of the image intensifier tube (Fig. 4-2C). 

Advantages and Disadvantages of the Analog 
and Digital Forms 

There is a major disadvantage to the electronic transmission of data in analog 
form-the signals become distorted. Causes of this distortion include inaccuracies 
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30 

30 

(2 decimal) 
0 0 1 0 

' 
30 

FIGURE 4-2. Analog and digi­
tal representation of numerical 
data. A: Three analog voltage 
pulses, similar to those pro­
duced by a photomultiplier 
tube attached to a scintillator. 
The height of each pulse repre­
sents a number. B: These same 
numbers represented in digital 
form. C: A continuously varying 
analog signal, such as that 
from the video camera in a flu­
oroscopy system. The height of 
the signal at each point in time 
represents a number. D: The 
values of this signal, sampled at 
three points, represented in 
digital form. 

when signals are amplified, attenuation losses, and electronic noise-small stray 
voltages that exist on circuits and become superimposed on the data. The more the 
data are transferred, the more distorted they become. On the other hand, data 
stored or transferred in digital form are remarkably immune to the accumulation of 
error because of signal distortion. These distortions are seldom of sufficient ampli­
tude to cause a O to be mistaken for a 1 or vice versa. Furthermore, most digital cir­
cuits do not amplify the incoming data, but make a fresh copy of it, thus prevent­
ing distortions from accumulating during multiple transfers. 
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The digital form facilitates other safeguards. When information integrity is 
critical, additional redundant information can be sent with each group of bits to 
permit the receiving device to detect errors or even correct them. A simple error 
detection method uses parity bits. An additional bit is transmitted with each group 
of bits, typically with each byte. The bit value designates whether an even or an odd 
number of bits were in the "1" state. The receiving device determines the parity and 
compares it with the received parity bit. If the parity of the data and the parity bit 
do not match, an odd number of bits iri the group have errors. 

Data can often be transferred in less tim~ using the an~og form.· Hpwever, d~g~ 
ital circuits are likely to be less expensive. • 

Conversion of Analog Data to Digital Form 

The transducers, sensors, or detectors of most electronic measuring equipment, 
including medical imaging devices, produce analog data. If such data are to be ana­
lyzed by a computer or other digital equipment, they must be converted into digi­
tal form. Devices that perform this function are called analog-to-digital converters 
(ADCs). ADCs are essential components of multichannel analyzers, modern 
nuclear medicine scintillation cameras, computed radiography systems, modern 
ultrasound systems, MRI scanners, and CT scanners. 

Most analog signals are continuous in time, meaning that at every point in time 
the signal has a value. However, it is not possible to convert the analog signal to a 
digital signal at every point in time. Instead, certain points in time must be selected 
at which the conversion is to be performed. This process is called sampling. Each 
analog sample is then converted into a digital signal. This conv~rsion is called digi­
tization or quantization. 

An ADC is characterized by its sampling rate and the number of bits of output it 
provides. The sampling rate is the number of times a second that it can sample and 
digitize the input signal. Most radiologic applications require very high sampling 
rates. An ADC produces a digital signal of a fixed number of bits. For example, one 
may purchase an 8-bit ADC, a 10-bit ADC, or a 12-bit ADC. The number of bits 
of output is just the number of bits in the digital number produced each time the 
ADC samples and quantizes the input analog signal. 

The digital representation of data is superior to analog representation in its 
resistance to the accumulation of errors. However, there are also disadvantages to 
digital representation, an important one being that the conversion of an analog signal 
to digital form causes a loss of information. This loss is due to both sampling and 
quantization. Because an ADC samples the input signal, the values of the analog 
signal between the moments of sampling are lost. If the sampling rate of the ADC 
is sufficiently rapid that the analog signal being digitized varies only slightly during 
the intervals between sampling, the sampling error will be small. There is a mini­
mum sampling rate requirement, the Nyquist limit (discussed in Chapter 10) that 
ensures the accurate representation of a signal. 

Quantization also causes a loss of information. An analog signal is continuous 
in magnitude, meaning that it may have any value between a minimum and maxi­
mum. For example, an analog voltage signal may be 1.0, 2.5, or 1.7893 V. In con­
trast, a digital signal is limited to a finite number of possible values, determined by 
the number of bits used for the signal. As was shown earlier in this chapter, a I-bit 
digital signal is limited to two values, a 2-bit signal is limited to four values, and an 
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TABLE 4-5. MAXIMAL ERRORS WHEN DIFFERENT 
NUMBERS OF BITS ARE USED TO APPROXIMATE AN 
ANALOG SIGNAL 

Number Number of Maximal Quantization 
of Bits Values Error(%) 

1 2 25 
2 4 12.5 

. 3 8 6.2 • 

~ 256 0.20 
12 4,096 0.012 

N-bit signal is restricted to zN possible values. The quantization error is similar to 
the error introduced when a number is "rounded off." Table 4-5 lists the maximal 
percent errors associated with digital signals of different numbers of bits. 

There are additional sources of error in analog-to-digital conversion other than 
the sampling and quantization effects described above. For example, some averaging 
of the analog signal occurs at the time of sampling, and there are inaccuracies in the 
quantization process. In summary, a digital signal can only approximate the value of 
an analog signal, causing a loss of information during analog-to-digital conversion. 

No analog signal is a perfect representation of the quantity being measured. 
Statistical effects in the measurement process and stray electronic voltages ("noise") 
cause every analog signal to have some uncertainty associated with it. To convert an 
analog signal to digital form without a significant loss of information content, the 
ADC must sample at a sufficiently high rate and provide a sufficient number of bits 
so that the error is less than the uncertainty in the analog signal being digitized. In ' 
other words, an analog signal with a large signal-to-noise ratio (SNR) requires an 
ADC providing a large number of bits to avoid reducing the SNR. 

Digital-to-Analog Conversion 

It is often necessary to convert a digital signal to analog form. For example, to dis­
play digital images from a CT scanner on a video monitor, the image information 
must be converted from digital form to an analog voltage signal. This conversion is 
performed by a digital-to-analog converter (DAC). It is important to recognize that 
the information lost by analog-to-digital conversion is not restored by sending the 
signal through a DAC (Fig. 4-3). 

ADC (1) 
0 1 

(2) (3) (2) 
1 0 11 1 0 

n. m n . A kffiJ,............,.-n ----+-+-r---+-t-1 

2-bit Digital Signal Output 
Analog input f t f f f 

Signal 
Sampling 

(1 ) DAC 
0 1 ,,,-,~--11:~ . n 

Analog output 

FIGURE 4-3. Analog-to-digital (ADC) conversion and digital-to-analog (DAC) conversion. In th is fig­
ure, a 2-bit ADC samples the input signal five times. Note that the output signal from the DAC is only 
an approximation of the input signal to the ADC because the 2-bit digital numbers produced by the 
ADC can only approximate the continuously varying analog signal. 
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4.3 COMPONENTS AND OPERATION OF COMPUTERS 

A computer consists of a central processing unit (CPU), main memory, and 
input/output (I/0) devices, all linked together by one or more data pathways called 
data buses (Fig. 4-4). The main memory of the c~mputer stores the program 
(sequence of instructions) being executed and the data being processed. The CPU 
executes the instructions in the program to process the data. 

I/0 devices enable information to be entered into and retrieved from the com­
puter and to be stored. The I/0 devi.ces of a co~puter usually -include a keyboar1, 
a mouse or other pointing device, a video interface and video monitor. sct:veral'·~a:ss 
storage devices, and often. a printer. The keyboard, pointing device, video interface, 
and video monitor enable the operator to communicate with .the computer. Mass 
storage devices permit the storage of large volumes of programs and data. They 
include floppy magnetic disk drives, fixed magnetic disk drives, optical disk drives, 
and magnetic tape drives. 

When the CPU or another device sends data to memory or a mass storage device, 
it is said to be writing data, and when it requests data stored in memory or on a stor­
age device, it is said to be reading data. Computer memory and data storage devices 
permit either random access or sequential access to the data. The term random access 
describes a storage medium in which the locations of the data may be read or written 
in any order, and sequential access describes a medium in which data storage locations 
can only be accessed in a serial manner. Most solid-state memories, magnetic disks, and 
optical disks are random access, whereas magnetic tape permits only sequential access. 

Main Memory 

Main memory provides temporary storage for the instructions (computer program) 
currently being executed and the data currently being processed by the computer. 
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FIGURE 4-4. Components of a computer. 



Chapter 4: Computers in Medical Imaging 71 

Main memory is used for these functions instead of mass storage devices because 
the data transfer rate between the CPU and main memory is much faster than that 
between the CPU and the mass storage devices. 

Main memory consists of a large number of data storage locations, each of 
which contains the same number of bits (usually 1 byte). A unique number, called 
a memory address, identifies each storage location. Memory addresses usually start at 
zero and increase by one to one less than the total number of memory locations, as 
.shown in Fig. 4-5. A memory address should not be confused with the data stored 
at that address. • 

When a CPU performs a memory write, it sends b~th a rrierrtory address, de$~ 
ignacing the desired storage location, and the data to the memory. When it per­
forms a memory read, it sends the address of the desired data to the memory and, 
in return, is sent the data at that location. 

One type of memory is commonly called random access memory (RAM). In 
common usage, RAM refers to memory onto which the CPU can both read and 
write data. A better name for such memory is read-write memory. A disadvantage 
of most read-write memory is that it is volatile, meaning that data stored in it are 
lost when electrical power is turned off 

Another type of memory is called read-only memory (ROM). The CPU can only 
read data from ROM; it cannot write or erase data on ROM. The main advantage 
to ROM is that data stored in it are not lost when power is lost to the computer. 
ROM is usually employed to store frequently used programs provided by the man­
ufacturer that perform important functions such as setting up the computer for 
operation when power is turned on. Although the term RAM is commonly used to 
distinguish read-write memory from ROM, ROM does permit random access. 

The size of the main memory can affect the speed at which a program is executed. 
A very large program or one that processes large volumes of data will usually be exe­
cuted more quickly on a computer with a large memory. A computer with a small 

Memory 

I I 
I 

I I 
I I 
I I 
I I 
I I 
I I I 

..._.. 1 byte__., 
(8 bits) 

Memory Address 
(binary) 

00000000000000000000 
00000000000000000001 
00000000000000000010 
00000000000000000011 
00000000000000000100 
00000000000000000101 

1111111111111111101 o 
11111111111111111011 
11111111111111111100 
11111111111111111101 
11111111111111111110 
11111111111111111111 

Memory Address 
(decimal) 

o 
1 
2 
3 
4 
5 

1,048,570 
1,048,571 
1,048,572 
1,048,573 
1.048.574 
1,048,575 

FIGURE 4-5. Main memory, containing 1 megabyte (220 bytes). Each byte 
in memory is identified by a unique memory address, just as each mailbox 
in a city is identified by a postal address. 
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memory can fit only small portions of the program and data into its memory at one 
time, and must frequently interrupt the processing of data to load other portions of the 
program and data into the memory frum the magnetic disk or other storage devices. 

It would be very expensive to have a large main memory that could provide 
program instructions and data to the CPU as fast as the CPU can process them. The 
main memories of most computers today use a relatively slow but inexpensive type 
of memory called dynamic RAM (DRAM). DRAM uses one capacitor (an electrical 
charge storage device) and one transistor for each bit. It is called dynamic because 
each bit must be read and refreshed several times a second to maintain the dara: To 
compensate for the low speed of DRAM, many computers contain one or more 
smaller but faster memories, called cache memories, between the main memory and 
the CPU. They maintain exact copies of small portions of the prqgram and data in 
the main memory. A cache memory usually consists of static RAM (SRAM), which 
uses several transistors to represent each bit. SRAM stores data while power is on 
without requiring refreshing and can be read or written several times faster than 
DRAM, but requires more space and is more expensive. Cache memories are effec­
tive because program segments and data that were recently read from the memory 
by the CPU are very likely to be read again soon. 

Computer Program and Central Processing Unit 

A computer program is a sequence of instructions and the central processing unit 
(CPU) is a set of electronic circuits that executes them. A CPU fetches and executes 
the instructions in a program sequentially; it fetches an instruction from main mem­
ory, executes that instruction, and then fetches the next instruction in the program 
sequence. A CPU contained in a single computer chip is called a microprocessor. 

The CPU contains a small number of data storage locations, called storage reg­
isters, for storing data and memory addresses. (For example, one computer system 
has 16 registers, each containing 32 bits.) Operations can be performed on data in 
the registers much more quickly than on data in memory. The CPU also contains 
an arithmetic Logic unit (ALU) that performs mathematical operations and compar­
isons between data stored in the registers or memory. In addition, the CPU contains 
a clock. This clock is not a time-of-day clock (although the computer may have one 
of these as well), but a circuit that produces a periodic stream of logic pulses that 
serve as timing marks to synchronize the operation of the various components of 
the computer. CPU clock speeds are usually described in millions or billions of 
hertz (Hz); an Hz is defined as one cycle per second. 

An instruction can cause the CPU to perform one or a combination of four 
actions: 

1. Transfer a unit of data (e.g., a 16- or 32-bit word) from a memory address, CPU 
storage register, or I/0 device to another memory address, register, or 1/0 
device. 

2. Perform a mathematical operation between two numbers in storage registers in 
the CPU or in memory. 

3. Compare two numbers or other pieces of data in registers or in memory. 
4. Change the address of the next instruction in the program to be executed to 

another location in the program. This type of instruction is called a branching 
instruction. 
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A CPU fetches and e.xecutes the instructions in a program sequentially until it 
fetches a branching instruction. The CPU then jumps to a new location in the pro­
gram that is specified by the branching instruction and, startinG at the new location, 
again executes instructions sequentially. There are two types of branching instruc­
tions, unconditional and conditional. Conditional branching instructions cause a 
branch to occur only if a specified condition is met. For example, a conditional 
branching instruction may specify that a branch is to occur only if the number 
stored in a particular CPU storage register is zero. Conditional branching instruc­
tions are especially important because they permit the computer to make "deci­
sions" by allowing the data to alter the order of instruction -execution. • 

Each instruction in a program has two parts._The·first part 1lpecifies the opera­
tion, such as a data transfer, an addition of two numbers, or a conditional branch, 
to be performed. The second part describes the location of the data to be operated 
on or compared and the location where the result is to be stored. In the case of an 
addition, it contains the locations of the numbers to be added and the location 
where the sum is to be stored. In the case of a branching instruction, the second 
part is the memory address of the next instruction to be fetched and executed. 

The CPU is a bottleneck in a conventional computer. A computer may have 
many megabytes of data to be processed and a program requiring the execution of 
instructions many billions of times. However, the CPU executes the instructions 
only one or a few at a time. One way to increase speed is to build the circuits of the 
CPU and memory with faster components so the computer can run at a higher 
clock speed. This makes the computer more expensive and there are practical and 
technical limits to how fast a circuit can operate. 

The other method of relieving the bottleneck is to design the CPU to perform 
parallel processing. This means that the CPU performs some tasks simultaneously 
rather than sequentially. Most modern CPUs incorporate limited forms of parallel 
processing. Some specialized CPUs, such as those in array processors (to be described 
later in this chapter), rely heavily on parallel processing. One form of parallel pro­
cessing is pipelining. Several steps, each requiring one clock cycle, are required for a 
CPU to execute a single instruction. Older CPUs, such as the Intel 8088, 80286, and 
80386 microprocessors, completed only one instruction every few cycles. The instruc­
tion execution circuits of newer microprocessors are organized into pipelines, a 
pipeline having several stages that operate simultaneously. Instructions enter the 
pipeline one at a time, and are passed from one stage to the next. Several instructions 
are in different stages of execution at the same time. It takes a several clock cycles to 
fill the pipeline, but, once full, it completes the execution of one instruction per cycle. 
Pipelining permits a CPU to attain an average instruction execution rate of almost 
one instruction per cycle. (Pipelining does not yield exactly one instruction per cycle 
because some instructions interfere with its operation, in particular ones that modify 
the data to be operated on by immediately subsequent instructions, and branching 
instructions, because they change the order of instruction execution.) Superscalar 
CPU architectures incorporate several pipelines in parallel and can attain average 
instruction execution rates of two to five instructions per CPU clock cycle. 

Input/Output Bus and Expansion Slots 

Data buses were described previously in this chapter. The input/output buses of 
most computers are provided with several expansion slots into which printed circuit 
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boards can be plugged. The boards installed in these slots can include modems, 
cards co connect the computer ro a computer network, controllers for mass storage 
devices, display interface cards co provide a video signal co a video monitor, sound 
cards co provide audio signals co speakers, and acquisition interfaces to other devices 
such as scimWation cameras. The provision of expansion slots on this bus makes it 
possible to customize a general-purpose computer for a specific application and to 
add additional functions and capabilities. 

.•. 

Mass Storage Devices 
. . 

Mass srornge devices permit chc nonvolatile (i.e., data are qor lose when power is 
turned off) corage of programs and data. Mass storage devices include flpppy disk 
drives, hard disk drives (nonremovable ha.rd disks are called. fixed disks), magnetic 
rape drives, and optical (laser) disk units. Each of these devices consists of a 
mechanical drive; che storage medium, which may be removable; and an electronic 
controller. Despite che wide variecy of storage media, there is not one best medium 
for all purposes, because they differ in storage capacity, data access time, data trans­
fer rare, cost, and other facrors. 

Magnetic disks are spinning disks coaced with a material that may be readily mag­
netized. Just above che spinning disk is a read/write head that, to read data, senses che 
magnetization of individual locarions on the disk and, co write data, changes cbe direc­
tion of the magnetization of individual locations on the disk. A disk drive has a 
read/write head on each side of a platter so chat both sides can be used for data stor­
age. The data is scored on the disk in concencric rings called tracks. The read/write 
heads move radially over the disk to access data on different cracks. The access time of 
a disk is the time required for the read/write head co reach the proper crack (head seek 
ti.me) and for the spinning of rhe disk to bring the data of interest co the head (rota­
tional latency). The data transfer rate is the r_ate at which data are read from or written 
to the disk once the head and disk are in the proper orientation; it is primarily deter­
mined by the rotational speed of the disk and the density of dara storage in a crack. 

A rypical hard disk drive, as shown in Fig. 4-6, has several rigid placcers stacked 
above each other on a common spindle. The platters continuously rotate at a high 
speed (typically 5,400 to 15,000 rpm). The read/write heads aerodynamically float 
microns above the disk surfaces on air currents generared by the spinning platters. 
A spinning hard disk drive should not be jarred because it might cause a "head 
crash" in which the head strikes the disk, gouging the disk surface and destroying 
che head, with a concomitant loss of data. Disks must also be kept clean; a hair or 
speck of dust can damage che disk and head. For this reason, the portion contain­
ing che disks and read/write heads is usually sealed co keep dire ouc. Hard disk drives 
with removable disk platters are less common. The storage capacities of hard disks 
are very large, ranging from approximarely 10 to 180 gigabytes. Although their 
access times and data transfer race are very slow compared co memory; they are 
much faster than those of floppy disks or magnetic tape. For these reasons, hard 
disks are used on most computers to score frequently used programs and dara. 

Floppy disks are removable plastic disks coared wich a magnetizable material. They 
are operationally similar to hard disks, buc their rotation is incermircenc (spinning only 
during dara access), chey spin more slowly, and the read/write heads maintain physical 
conract with the disk surfaces. Their access times are considerably longer and their data 
a·ansfer rates are much slower chm those of hard disks. Their storage capacities, cypi-
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FIGURE 4-6. Hard-disk drive. A 
read/write head is visible at the 
end of the arm overlying the top 
disk platter. (Photograph cour­
tesy of Seagate Technology, Inc.) 

cally about 1.4 megabytes, are much smaller. They are commonly used for sending pro­
grams and data from one site to another and for making "backup" copies of important 
programs and data. Floppy disk drives with capacities of 100 megabytes or more have 
been developed. However, there are not yet standards for them, and in general those 
from one manufacturer cannot be read by disk drives of other manufacturers. 

Magnetic tape is plastic tape coated with a magnetizable substance. Its average 
data access times are very long, because the tape must be read serially from the 
beginning to locate a particular item of data. There are several competing tape-car­
tridge formats available today. A single tape cartridge can store a very large amount 
of data, in the range of 4 to 110 gigabytes. Common uses are to "back up" (make a 
copy for the purpose of safety) large amounts of important information and for 
archival storage of digital images. 

An optical disk is a removable disk that rotates during data access and from which 
data are read and written using a laser. There are three categories of optical disks­
read-only; write-once, read-many-times (WORM); and rewritable. Read-only disks 
are encoded with data that cannot be modified. To read data, the laser illuminates a 
point on the surface of the spinning disk and a photodetector senses the intensity of 
the reflected light. CD-ROMs are an example of read-only optical disks. Most CD­
ROMs have capacities of 650 megabytes. CD-RO Ms are commonly used by vendors 
to distribute commercial software and music. WORM devices permit any portion of 
the disk surface to be written upon only once, but to be read many times. This largely 
limits the use of WORM optical disks to archival storage. To store data, a laser at a 
high intensity burns small holes in a layer of the disk. To read data, the laser, at a lower 
intensity, illuminates a point on the spinning disk and a photodetector senses the 
intensity of the reflected light. CD-Rs (for recordable) are a common type of WORM 
disk. Rewritable optical disks permit the stored data to be changed many times. There 
are currently two types of rewritable optical disks-phase-change and magneto-
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optical. The recording material of a phase-change disk has the property that, if heated 
to one temperature and allowed to cool, it becomes crystalline, whereas if heated to 
another temperature, it cools to an amorphous phase. To write data on a phase-change 
disk, the laser heats a point on the recording film, changinp; its phase from crystalline 
to amorphous or vice versa. The transparency of the amorphous material differs from 
that in the crystalline phase. Above the layer of recording material is a reflective layer. 
Data are read as described above for WORM disks. A magneto-optical disk contains 
a layer of recording material whose magnetization may be changed by a ·nearby mag,:­
net if heated above a temperature called the (:urie temperature. Writiii.g,data on a mag.:. 
neto-optical disk requires a small electromagnet above the disk and a laser below. The· • 
laser heats a small domain on the fayer of re'cording material above. the Curie temper­
ature, causing its magnetization to align. with that of the electromagnet. When the 
domain cools below the Curie temperature, the magnetism of that domain becomes 
"frozen." The magneto-optical disk is read by the laser at a lower intensity. The polar­
ization of the reflected light varies with the magnetization of each domain on the disk. 
CD-RWs are a common type of rewritable optical disk. The CD is likely to be dis­
placed by a new standard for optical disks, the DVD, that provides a much larger stor­
age capacity. DVDs are available in read-only, recordable, and rewritable forms. 
("DVD-RAM" is one of two competing formats for rewritable DVDs.) Advantages of 
optical disks include large storage capacity, on the order of 650 megabytes to several 
gigabytes, and much faster data access than magnetic tape. Optical disks provide supe­
rior data security than most other media because they are not subject to head crashes, 
as are magnetic disks; are not as vulnerable to wear and damage as magnetic tape; and 
are not vulnerable to magnetic fields. 

TABLE 4-6. COMPARISON OF CHARACTERISTICS OF MASS STORAGE DEVICES 
AND MEMORYa 

Storage Access Time Transfer Cost per Media Cost 
Removable Capacity (Average) Rate Disk/Tape per GB 

Floppy disk Yes 1.2 to 1.4 300 msec 0.03 MB/sec $0.30 $210 
MB 

Hard disk Usually not 10to182GB 6 to 15 msec 3 to 50 MB/sec NA 
Optical disk, Yes 650-700 MB 100to 150 3.6 MB/sec 

CD-ROM, msec (for (for 24x) 
CD-R, 24x) $.50 $.80 

(CD-R) (CD-R) 
CD-RW $1.10 $1.70 

(CD-RW) (CD-RW) 
Optical disk, Yes 8.1 MB/s 

DVD-ROM, 4.7 to 17 GB 
DVD-R, 3.9 GB 
DVD-RAM 5.2 GB $24 (DVD- $4.60 (DVD-

RAM) RAM) 
Magnetic tape Yes 45 MB to Seconds to 0.125 to $150 $1.35 

(cartridge) 110 GB minutes 10 MB/sec (110 GB (110 GB 
super super 
DLD DLD 

Solid-state No 64 MB to 1 to 80 msec 24 to 250 NA 
memory 1.5 GB MB/sec 

•values are typical for 2001-vintage computers. Cost refers to one diskette or tape cartridge. 
Storage capacities and transfer rates are for uncompressed data; they would be higher for compressed data. 
m<cr mil/i<crnn,i<- n<Pr n;rnnsPrnnrl< 1106 nsec = 1 msecl: MB. meaabvtes: GB. aiaabvtes; DLT, diqital linear tape. 
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Table 4-6 compares the characteristics of mass storage devices and memory. 
Because there is no best device for all purposes, most computer systems today have at 
least a hard disk drive, a floppy disk drive, and a drive capable of reading optical disks. 

Display Interface 

An important use of a computer is to display information in visual form. The infor­
mation may be displayed on a video monitor using a cathode ray tube (CRT) or a 
-flat-panel display. The information may also be presented in hard-copy"form, most 
commonly using photographic film or paper. • 

Medical imaging computers have video interfaces and display devices, both to 
assist the user in controlling the computer and to display information: The video 
inteiface is a device that receives digital data from the memory of a computer via the 
computer's bus and, using one or more digital-to-analog converters, converts it into 
an analog video signal for display on a video monitor. Most video_ interfaces contain 
their own memory for storing displayed images, although some computers use a 
portion of main memory for this purpose. The video interface and display devices 
will be described in greater detail below (see Display). 

Keyboard and Pointing Device 

Usually, a computer is equipped with keyboard and a pointing device, such as a mouse, 
trackball, or joystick, to enable the user to direct its operations and to enter data into it. 

Acquisition Interface 

Until recently, many medical imaging devices, such as scintillation cameras, sent 
analog data directly to attached computers. In most cases today, the analog data are 
converted into digital form by the imaging device, which sends the digital data to 
the computer. A computer's acquisition interface accepts data from an attached 
device and transfers it to memory via the computer's bus. An acquisition interface 
that accepts analog data first converts it into digital form using one or more ADCs. 
Some acquisition interfaces store the received information in their own dedicated 
memories to permit the computer to perform other tasks during data acquisition. 
An imaging computer that is not directly connected to an imaging device may 
instead receive images over a computer network, as described below. 

Communications Interface 

Computers serve not only as data processing and display devices, but also as commu­
nications devices. Thus many, if not most, computers are connected, either inter­
mittently or continuously, to other computers or a computer network. A modem 
(contraction of "modulator-demodulator") is a device to permit a computer to trans­
fer information to another computer or to a network by analog telephone lines. The 
modem converts the digital signals from a computer to an analog signal and the 
modem on the other end converts the analog signal back to digital form. The analog 
form used by modems is different from the analog signals discussed previously in this 
chapter, in which the information was encoded as the amplitude of the signal. Instead, 
modems produce a sinusoidal signal of constant amplitude and encode the informa­
tion by varying the frequency of the signal (frequency modulation). 

A computer may also be directly connected to a network using a network inter­
face card. The card converts digital signals from the computer into the digital form 
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FIGURE 4-7. Computer with an array processor. 

required by the network and vice versa. The transfer of information using computer 
networks is discussed in detail in Chapter 17. 

Array Processor 

The speed of a general-purpose compurer in performing mathematical operacions, 
especially on floating-poinr numbers, can be gready enhanced by adding an array 

processor. An array processor is a specialized computer designed co perform the 
mathematical manipulation of dara very quickly. le consisrs of a CPU, a small high­
speed memory, a high-speed bus, and an interface co connect ic co che bus of the 
main computer. The main com purer is called che host computer. An array processor's 
CPU relies heavily on parallel processing for its speed. Parallel processing is partic­
ularly efficient for processing images. The host computer sends the data to be 
processed from its memory co che array proces or's memory .along with rhe instruc­
rions to execute in processing the data. The array processor processes che data and 
returns the processed data co the memory of the hose computer. Figure 4-7 is a dia­
gram of a computer with an array processor. 

4.4 PERFORMANCE OF COMPUTER SYSTEMS 

There are many facrors chat affect the rime required for a computer co complete a 
cask. These include the speed of the CPU (as reflected ics clock speed) , how exten­
sively the CPU uses parallel pr;ocessing, width and the clock speed of the data bus 
berween the CPU and main memory, the size of the memory, and the access cimes 
and data transfer rates of mass storage devices. A larger memory permits more of the 
program being executed and the data being processed co re.side in memory, thereby 
reducing the time char the CPU is idle while awai ting the transfer of program seg­
ments and data from mass storage devices into memory. The widths of the data 
buses affect the speed of the computer; a 32-bit bus can transfer cwice as much data 
per clock cycle as a 16-bit bus. 

There are several ways to compare the performance of computer systems. 
One indicator of CPU speed is the speed of its clock. If two computers are oth-
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erwise identical, the computer with the faster clock speed is the fastest. For exam­
ple, if the CPUs of two computers are both Intel Pentium microprocessors, the 
CPU running at 1.2 gigahertz (GHz) is faster than the CPU running at 800 
megahertz (MHz). 

The clock speed of a CPU is not as useful in comparing computers ·with dif­
ferent CPUs, because one CPU architecture may execute more instructions per 
clock cycle than another. To avoid this problem, the speed of a CPU may be mea­
_sured in millions of instructions per second (MIPS). Ifa computer is used to perform . 
extensive mathematical operations, it may be better to measure its performance in _ 
millions or billions of floating-point operations per secon:d.(megaflops or gigaflops). 
Another way to compare the performance of computers is to compare the times it 
takes them to execute standard programs. Programs used for this purpose are called 
benchmarks. 

The ability of a computer to execute a particular program in less time than 
another computer or to perform a greater number of MIPS or megaflops does not 
prove that it is faster for all applications. For example, the execution speed of one 
application may rely primarily on CPU speed and CPU-memory transfer rates, 
whereas another application's speed of execution may largely depend on the rate of 
transfer of data between the hard disk and main memory. When evaluating com­
puters for a particular purpose, such as reconstructing tomographic images, it is bet­
ter to compare their speed in performing the actual tasks expected of them than to 
compare them solely on the basis of clock speed, MIPS, megaflops, or benchmark 
performance. 

4.5 COMPUTER SOFTWARE 

Computer Languages 

Machine language 

The actual binary instructions that are executed by the CPU are called machine lan­
guage. There are disadvantages to writing a program in machine language. The pro­
grammer must have a very detailed knowledge of the computer's construction to 
write such a program. Also, machine-language programs are very difficult to read 
and understand. For these reasons, programs are almost never written in machine 
language. 

High-level languages 

To make programming easier and to make programs more readable, high-level lan­
guages, such as Fortran, Basic, Pascal, C, and Java, have been developed. These 
languages enable computer programs to be written using statements similar to 

simple English, resulting in programs that are much easier to read than those in 
machine language. Also, much less knowledge of the particular computer is 
required to write a program in a high-level language. Using a program written in 
a high-level language requires a program called a compiler or an interpreter to con­
vert the statements written in the high-level language into machine-language 
instructions that the CPU can execute. Figure 4-8 shows a simple program in the 
language Basic. 
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10 I= 1 
20 PRINT I 
30 I= 1+1 
40 IF 1<11 THEN GOTO 20 
50 END 

Applications Programs 

FIGURE 4-8. A sjmple program in the language 
Basic. The program prints the integers from 1 to 10 
on the video monitor. 

An applications program is a program that performs a specific function, such as word 
processing, accounring, scheduling, br image processing. Tc may be wrirten in 
machine language or a high-level language. A good applicacions program is said to 
be user-ftiendly, meaning chat only a minimal knowledge of the computer is needed 
to use the program. 

Operating System 

Even when a computer is not executing an assigned program and seems to be idle, 
there is a fundamental program, called the operating system, running. When the user 
instructs a computer to run a particular program, the operating system copies the 
program into memory from a disk, transfers control to it, and regains control of the 
computer when the program has finished. The operating system also handles most 
of the complex aspects of input/output operations and controls the sharing of 
resources on multiuser computers. Common operating systems include Windows, 
Windows NT, and Linux for IBM-compatible PCs; the Mac OS on Apple com­
puters; and Unix for workstations. 

Most operating systems store information on mass storage devices as files. A sin­
gle file may contain a program, one or more images, patient data, or a manuscript. 
Each mass storage device has a directory that lists all files on the device and describes 
the location of each. 

The operating system can be used to perform a number of utility functions. 
These utility functions include listing the files on a mass storage device, determin­
ing how much unused space remains on a mass storage device, deleting files, or 
making a copy of a file on another device. To perform one of these functions, the 
user types a command or designates a symbol on the computer screen using a point­
ing device, and the operating system carries it out. 

Computer Security 

The goals of computer security are to deny unauthorized persons access to confi­
denrial information, such as parienr data, and to prorect software and data from 
accidental or deliberate modification or loss. A major danger in using computers 
is chat rhe operating system, applications programs, and important data are often 
stored on a single disk; an accidenr could cause all of chem co be lost. The pri­
mary threats ro data and software on computers are mechanical or electrical. mal-
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function, such as a disk head crash; human error, such as the accidental deletion 
of a file or the accidental formatting 0f a disk (causing the loss of all information 
on che disk); and malicious damage. To reduce the risk of data loss, important 
files should be copied ("backed up") onro floppy disks, optical disks, or magnetic 
tape at regularly scheduled times. 

Programs written with malicious intent are a threat co computers. The most 
prevalent of these is the computer virus. Ayirus is a string of instructions hid­
den in a program. If a program containing a virus is loaded into a compuce_r-an!,i 
executed, the virus copies itself into other program~ stored on mass torage 
dev~ces. If a copy of an infected program is $ent co an01:her co_mpurer .and exe::. 
cured, that computer becomes infected. Although a virus need _ nor do harm, 
some deliberately cause damage, such as the deletion of all files on che disk on 
Friday the 13th. Viruses that are not intended to cause damage may incerfere 
with the operation of the computer or cause damage because they are poorly 
written. There are three types of viruses-executable file infeccors, boor-sector 
viruses, and macroviruses. Executable file infectors infect files containing exe­
cutable instructions. An infected file must be imported and executed to trigger 
one of these. Boot-sector virust;s infect the boot sectors of floppy disks. A boot 
sector is a small portion of a disk char contains instructions co be execured by the 
computer when power is first curned on. Turning power on to an IBM-compat­
ible personal computer, if an infected floppy is in the floppy drive, will cause an 
infection. Macroviruses infect macros, programs attached to some word process­
ing and ocher files. A computer cannot be infected with a virus by the importa­
tion of daca alone or by the user reading an e-mail message. However, a com­
puter can become infected if an infected file is attached to an e-mail message and 
if that file is executed. 

There are ocher rypes of malicious programs. These include Trojan horses, pro­
grams that appear ro serve one function, but have a hidden purpose; worms, pro­
grams that aucomarically spread over computer networks; and password grabbers, 
program that score the passwords of persons logging omo computers for use by an 
unauthorized person. The primary way co reduce the chance of a virus infection or 
other problem from malicious software is co establish a policy forbidding the load­
ing of storage media and software from untrustworthy sources. Commercial virus­
protection software, which searches files on storage devices and files received over a 
network for known viruses and removes them, should be used. The final line of 
defense, however, is the saving of backup copies. Once a computer is infected, it 
may be necessary to reformat all disks and reload all software and data from the 
backup copies. 

More sophisticated computer operating systems, such as Unix, provide security 
features including password protection and the ability to grant individual users dif­
ferent levels of access co scored files. Measures should be taken to deny unauthorized 
users access co your system. Passwords should be used to· deny access, directly and 
over a network or a modem. Compmers in nonsecure areas should be "logged off" 
when nor in use. Each user should be granted only the privileges required co accom­
plish needed casks. For example, technologists who acquire and process studies and 
interpreting physicians should not be granted the ability co delete or modify system 
software files or pacienc studies, whereas the system manager must be granted full 
privileges to all files on the system. 
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4.6 STORAGE. PROCESSING. AND DISPLAY OF DIGITAL 
IMAGES 

Storage 

A digital image is a rectangular, usually square, array of numbers. The portion of che 
image represented by a single number is called a pixel (for picture element). For exam­
ple, in nuclear medicine planar images, a pixel conrains the nwnber of counts detected 
by the corresponding porcion of che crystal of a scinriUacion camera. Figure 4-9. shows 

FIGURE 4-9. Effect of pixel size on image quality-digital chest image in formats of 1,0242, 642, 322, 

and 162 pixels (A, B, C, and D, respectively). 

B 

D 
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TABLE 4-7. TYPICAL RADIOLOGIC IMAGE FORMATS 

Modality 

Scintillation camera planar 
SPECT 
PET 
Digital fluoroscopy, cardiac catheter lab 
Computed radiography, digitized 

chest films 
_Mammography (18 x 24 cm) or (24 x 30 cm) 

X-ray CT 
MRI 
Ultrasound 

. Pixel Format 

642 or 1282 

642 or 1282 

1282 

5122 or 10242 

Typically 2,000 x 2,500 

Typical,ly 1,800 x 2(300 to 
4,800 X 6,000 

s122 

642 to i,0242 

s122 

Bits per Pixel 

8 or 16 
8 or 16 
16 
8 to 12 
10-12 

12-16 

12 
12 
.8 

CT, computed tomography; MRI, magnetic resonance imaging; PET, positron emission tomography; SPECT, 
single photon emission computed tomography. 

a digital image in four different pixel formats. The number in each pixel is converted 
into a visible light intensity when the image is displayed on a video monitor. Typical 
image formats used in radiology are listed in Table 4-7. 

Imaging modalities with higher spatial resolution require more pixels per image 
so the image format does not degrade the resolution. In general, an image format 
should be selected so that the pixel size is on the order of the size of the smallest object 
to be seen. In the case of a fluoroscope with a 23 cm field of view, the 5122 pixel for­
mat would be adequate for detecting objects as small as about a half a millimeter in 
size. To detect objects half this size, a larger format, such as 1024 by 1024, should be 
selected. When it is necessary to depict the shape of an object, such as a microcalcifi­
cation in x-ray mammography, an image format much larger than that needed to 
merely detect the object is required. Figure 4-9 shows the degradation of spatial reso­
lution caused by using too small an image format. The penalty for using larger for­
mats is increased storage and processing requirements and slower transfer of images. 

The largest number that can be stored in a single pixel is determined by the 
number of bits or bytes used for each pixel. If 1 byte (8 bits) is used, the maximal 
number that can be stored in one pixel is 255 (28 - 1). If 2 bytes (16 bits) are used, 
the maximal number that can be stored is 65,535 (2 16 - 1). The amount of contrast 
resolution provided by an imaging modality determines the number of bits required 
per pixel. Therefore, imaging modalities with higher contrast resolution require 
more bits per pixel. For example, the limited contrast resolution of ultrasound usu­
ally requires only 6 or 7 bits, and so 8 bits are commonly used for each pixel. On 
the other hand, x-ray CT provides high contrast resolution and 12 bits are required 
to represent the full range of CT numbers. Figure 4-10 shows the degradation of 
spatial resolution caused by using too few bits per pixel. 

Pixel size is determined by dividing the distance between two points in the 
subject being imaged by the number of pixels between these two points in the 
image. It is approximately equal to the field of view of the imaging device divided 
by the number of pixels across the image. For example, if a fluoroscope has a 23-
cm (9-inch) field of view and the images are acquired in a 512-by-512 format, 
then the approximate size of a pixel is 23 cm/512 = 0.45 mm, for objects at the 
face of the image intensifier. 



A 

C 

84 Section I: Basic Concepts 

FIGURE 4-10. Effect of number of bits per pixel on image quality-digital chest image in formats 
of 8, 3, 2, and 1 bits per pixel (A, B, C, and D, respectively). Too few bits per pixel not only causes 
loss of contrast resolution, but also creates the appearance of false contours. 

The total number of bytes required to store an image is the number of pixels in 
the image multiplied by the number of bytes per pixel. For example, the number of 
kilobytes required to store a 512-by-512 pixel image, if one byte is used per pixel, is 

(512 x 512 pixels) (1 byte/pixel)/(1,024 bytes/kB)= 256 kB. 

Similarly, the number of 64-by-64 images that may be stored on a 1.4-
megabyte floppy disk, if 16 bits are used per pixel, is 

D 

I 
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(1.4 MB/disk)(l,0242 bytes/MB)/[(64 X 64 pixels/image) (2 bytes/pixel)] = 

179 images/ disk 
(if no other information is stored on the disk): 

Processing 

An important use of computers in medical imaging is to process digital images to 
_ display the information contained in the images ·in more useful forms. Digital 
image processing cannot add information to images. For example, if an imaging 
modality cannot resolve objects less that a particular size,· image processing cannot 
cause such objects co be seen. • • 

In some cases, the information of interest is visible in the unprocessed· imag 
and is merely made more conspicuous. In other cases, information of interest may 
not be visible at aU in the unprocessed image data. X-ray computed tomography is 
an example of the latter case; observation of the raw projection data fails to reveal 
many of the structures visible in the processed cross-sectional images. The follow­
ing examples of image processing are described only superficially and will be dis­
cussed in detail in later chapters. 

The addition or subtraction of digital images is used in several imaging modal­
ities. Both of these operations require the images being added or subtracted to be of 
the same format (same number of pixels along each axis of the images) and produce 
a resultant image (sum image or difference image) in that format. In image sub­
traction, each pixel in one image is subtracted from the corresponding image in a 
second image to yield the corresponding pixel value in the difference image. Image 
addition is similar, but with pixel-by-pixel addition instead of subtraction. Image 
subtraction is used in digital subtraction angiography to remove the effects of 
anatomic structures not of interest from the images of contrast-enhanced blood ves­
sels (see Chapter 12) and in nuclear gated cardiac blood pool imaging to yield dif­
ference images depicting ventricular stroke-volume and ventricular wall dyskinesis 
(Chapter 21). 

Spatial filtering is used in many types of medical imaging. Medical images often 
have a grainy appearance, called quantum mottle, caused by the statistical nature of 
the acquisition process. The visibility of quantum mottle can be reduced by a spa­
tial filtering operation called smoothing. In most spatial smoothing algorithms, each 
pixel value in the smoothed image is obtained by a weighted averaging of the cor­
responding pixel in the unprocesssed image with its neighbors. Although smooth­
ing reduces quantum mottle, it also blurs the image. Images must not be smoothed 
to the extent that clinically significant detail is lost. Spatial filtering can also enhance 
the edges of structures in an image. Edge-enhancement increases the statistical noise 
in the image. Spatial filtering is discussed in detail in Chapter 11. 

A computer can calculate physiologic performance indices from image data. 
For example, the estimation of the left ventricular ejection fraction from nuclear 
gated cardiac blood pool image sequences is described in Chapter 21. In some cases, 
these data may be displayed graphically, such at the time-activity curves of a bolus 
of a radiopharmaceutical passing through the kidneys. 

In x-ray and nuclear CT, sets of projection images are acquired fr~m different 
angles about the long axes of patients. From these sets of projection images, com­
puters calculate _cross-sectional images depicting tissue linear attenuation coeffi­
cients (x-ray CT) or radionuclide concentration (SPECT and PET). The methods 
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by which volumetric data sets are reconstructed from projection images are dis­
cussed in detail in Chapters 13 and 22. 

From the volwnetric data sets produced by tomography, pseudo-three-di.men- _ 
sional images can be obtained, by methods called surface and volume rendering. 
These are discussed funhe.r in Chapter 13. • 

In image co-registration, image data from one medic.-tl. imaging modality is 
superimposed on a spacially congruenc image from another modality. Image co-reg­
isaacion is especially useful when one of che modalities, such as SPECT or P~T, 
provides physiologic infonnacion lacking ariacomic detail and the qcher riiodaliry, 
often MRI or X-ray CT, provides inferior. physiologic information, but superb 
depiction of anatomy. When the images are obtained using two separate devices, cb­
regisrracion poses formidable difficulties in matching che position, orientation, and 
magnification of one image to the other. To greatly simplify co-regisaation, PET 
and SPECT devices have been developed that incorporate x-ray CT machines. 

Computer-Aided Detection 

Computer-aided detection, also known as computer-aided diagnosis, uses a com­
puter program to detect features likely to be of clinical significance in images. Its 
purpose is not co replace the interpreting physician, bur to assist by calling atten­
tion co structures char might have been overlooked. For example, software is avail­
able co automatically locate structures suggestive of masses, dusters of microcalcifi­
cations, and archicecc:ural discorcions in mammographic images. Computer-aided 
detection can improve the sensitivity of the interpretation, but also may reduce the 
specificity. (Sensitivity and specificity are defined in Chapter 10, section 10.7.) 

Display 

Conversion of a Digital Image into an Analog Video Signal 

A computer's video interface converts a digital image into an analog video signal 
that is displayed by a video monicor. The video interface concains one or more dig­
ical-co-analog converters (DACs). Mose video interfaces also contain memor.ies co 
store the image or images being displayed. For a digital image co be displayed, it is 
first sent co chis display memory by rhe CPU. Once it is scored in chis memory, che 
video interface of the computer reads the pixels in the image sequencially, in the 
raster pattern shown in Fig. 4-11, and sends these digital numbers to rhe DAC. The 

------ -

FIGURE 4-11. Order of conversion of pixels in a digital 
image to analog voltages to form r1 "ir-1°~ ,:-- - ' ' 
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DAC converts each digital number to an analog voltage. Other circuits in the video 
interface add synchronization pulses to this analog signal, producing an analog 
video signal that may be displayed on a video monitor. The video interface may 
contain additional circuits that enable the user to adjust the contrast of_the image 
selected for display. 

Gray-Scale Cathode Ray Tube Monitors 

Radiographic images, consisting of rectangular arrays of.numbers, do not inherently 
have the property of color and thus the images from most niodalities are usually dis­
played on gray-scale monitors. As _will be discussed later, gray-scale monitors. pro­
vide greater ranges of brightness and thus greater dynamic ranges than do color 
monitors. However, some modalities, in particular nuclear medicine and ultra­
sound, use color monitors to provide false color displays (described below). A video 
monitor may use a cathode ray tube or a flat-panel display to create a visible image. 

A cathode ray tube (CRT) is an evacuated container, usually made of glass, with 
components that generate, focus, and modulate the intensity of one or more elec­
tron beams directed onto a fluorescent screen. The CRT of a gray-scale monitor 
(Fig. 4-12) generates a single electron beam. When a potential difference (voltage) 
is applied between a pair of electrodes, the negative electrode is called the cathode 
and the positive electrode is called the anode. If electrons are released from the cath­
ode, the electric field accelerates them toward the anode. These electrons are called 
cathode rays. The source of the electrons, in most CRTs, is a cathode that is heated 
by an electrical current, and the fluorescent screen is the anode. A large potential 
difference, typically 10 to 30 kV, applied between these two electrodes creates an 
electric field that accelerates the electrons to high kinetic energies and directs them 
onto the screen. Between the cathode and the screen is a grid electrode. A voltage 
applied to the grid electrode is used to vary the electric current (electrons per sec-

Electron beam 

Deflection coil 

Focus coil \ 
~ -

Electron gun 

Anode with 
phosphor coating 

Visible l ight 

FIGURE 4-12. Gray-scale CRT video monitor. 
The electron gun contains a heated cathode, 
the source of the electrons in the beam, and a 
grid electrode, which modulates the intensity 
(electrical current) of the beam. This CRT uses 
an electromagnet to focus the beam and two 
pairs of electromagnets to steer the beam. (One 
pair, not shown, is perpendicular to the pair in 
the diagram.) Alternatively, electrodes placed 
inside the CRT can perform these functions. 
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ond) of the beam. The electron beam is focused by either focusing electrodes or an 
electromagnet into a very narrow cross section where it strikes the screen. The elec­
trons deposit their energy in the phosphor of the screen, causing the emission of vis­
ible light. The intensity of the light is proportional to the electric current in the 
beam, which is determined by the analog video voltage signal applied to the grid 
electrode. The electron beam can be steered in two perpendicular directions, either 
by two pairs of electrodes or by two pairs of electromagnets. In a CRT video mon­
itor, the beam is steered in a raster pattern, as shown.in Fig. 4-11. 

Color CRT Monitors 

The CRT of a color monitor is similar to that of a gray-scale monitor, but has.three 
electron guns instead of one, producing three electron beams. The three electron 
beams are very close to one another and are steered as one, but their intensities are 
modulated separately. Each pixel of the fluorescent screen contains three distinct 
regions of phosphors, emitting red, green, and blue light. Just before the screen is a 
thin metal sheet, called a shadow mask, containing holes positioned so that each 
electron beam only strikes the phosphor emitting a single color. Thus one of the 
electron beams creates red light, another creates green light, and the third produces 
blue light. A mixture of red, green, and blue light, in the proper proportion, can 
create the perception of any color by the human eye. 

Flat-Panel Monitors 

Most flat-panel monitors today use liquid crystal displays (LCDs). The liquid crys­
tal material of an LCD does not produce light. Instead, it modulates the intensity 
of light from another source. The brightest LCDs are backlit. A backlit LCD con­
sists of a uniform light source, typically containing fluorescent tubes and a layer of 
diffusing material; two polarizing filters; and a layer of liquid crystal material 
between the two polarizing filters (Fig. 4-13). 

Visible light, like any electromagnetic radiation, may be considered to consist 
of oscillating electrical and magnetic fields, as described in Chapter 2, section 2.1. 
Unpolarized light consists of light waves whose oscillations are randomly oriented. 
A polarizing filter is a layer of material that permits components oflight waves oscil­
lating in one direction to pass, but absorbs components oscillating in the perpen­
dicular direction. When unpolarized light is incident on a single layer of polarizing 
material, the intensity of the transmitted light is half that of the incident light. 
When a second polarizing filter is placed in the beam, parallel to the first filter, the 
intensity of the beam transmitted through the second filter depends on the orien­
tation of the second filter with respect to the first. If the both filters have the same 
orientation, the intensity of the beam transmitted through both filters is almost the 
same as that transmitted through the first. As the second filter is rotated with 
respect to the first, the intensity of the transmitted light is reduced. When the sec­
ond filter is oriented so that its polarization is perpendicular to that of the first fil­
ter, no light is transmitted. 

In an LCD display, the light transmitted through the first filter is polarized. 
Next, the light passes through a thin layer of liquid crystal material contained 
between two glass plates. The liquid crystal material consists of rod-shaped mole­
cules aligned so they are parallel. When a voltage is applied across a portion of the 
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LCD 

Unpolarized Horizontally 
light polarized 

light 

Vertically 
polarized 

light 

Polarizing 
filter 

Dark 

FIGURE 4-13. Two pixels of a gray-scale backlit liquid crystal display video monitor. On each side of 
the liquid crystal (LC) layer in each pixel is a transparent electrode. In the top pixel, no voltage is 
applied across the LC layer. The polarization of the light is unchanged as it passes through the LC layer, 
causing most of the light to be absorbed by the second polarizing filter and thereby producing a dark 
pixel. In the bottom pixel, a voltage is applied across the LC layer. The applied voltage causes the mol­
ecules in the LC layer to twist. The twisted molecules change the p0!arization of the light, enabling it 
to pass through the second filter with little reduction in intensity and causing the pixel to appear 
bright. (The bars shown in the polarizing filters are: merely an artist's device to indicate the direction 
of the polarization, as is depicting the polarized light as a ribbon.) 

liquid crystal layer, the molecules twist, changing the polarization of the light by an 
angle equal to the amount of twist. The light then passes through the second polar­
izing filter. This filter can be oriented so that pixels are bright when no voltage is 
applied, or so that pixels are black when no voltage is applied. Figure 4-13 shows 
the filters oriented so that pixels are dark when no voltage is applied. Thus, when 
no voltage is applied to a pixel, the light is polarized by the first filter, passes through 
the liquid crystal material, and then absorbed by the second polarizing filter, result­
ing in a dark pixel. As the voltage applied to the pixel is increased, the liquid crys­
tal molecules twist, changing the polarization of the light and decreasing the frac­
tion absorbed by the second filter, thereby making the pixel brighter. 

Color LCD monitors have an additional layer containing color filters. Each 
pixel consists of three adjacent elements, one containing a filter transmitting only 
red light, the second transmitting green light, and the third transmitting blue light. 
As mentioned previously, a mixture of red, green, and blue light can create the per­
ception of any color. 

In theory, each pixel of a flat-panel display could be controlled by its own elec­
trical pathway. If this were done, a gray-scale display of a thousand by a thousand 
pixels would contain a million electrical pathways and a color display of the same 
pixel format would have three times as many. In practice, flat-panel displays are 
matrix controlled, with one conduction pathway serving each row of pixels and one 
serving each column. For a thousand by a thousand pixel gray-scale display, only a 
thousand row pathways and a thousand column pathways are required. A signal is 
sent to a specific pixel by simultaneously providing voltages to the row conductor 
and the column conductor for that pixel. 



90 Section I: Basic Concepts 

The intensity of each pixel must be maintained while signals are sent to other 
pixels. In active matrix LCDs, each pixel is provided a transistor and capacitor (or 
three transistors and capacitors for a color display). The electrical charge stored on 
the capacitor maintains the voltage signal for the pixel while signals are sent to other 
pixels. The transistors and capacitors are constructed on a sheet of glass or quartz 
coated with silicon. This sheet is incorporated as a layer within the LCD. Active 
matrix LCDs are also called thin film transistor (TFT) displays. TFT technology, 
without the polarizing filters and liquid crystal material, is used in .flac:-panel x:ray 
image receptors and is discussed in Chaprer . i 1. Flat7panel monitors are lighter, . 
require less space, consume less electrical power, and generate less he.at than CRT _ 
monitors. A disadvantage of LCD display is that the image can be viewed only 
from a narrow range of angles, whereas CRT displays can be viewed over a very wide 
range. Another disadvantage of LCD displays is inoperative pixels. Nearly all LCD 
monitors have some nonfunctional pixels. These may be always on or always off 
The performance characteristics of video monitors are described in Chapter 17. 

Contrast Enhancem ent 

To display a digital image, pixel values from the minimal pixel valu!,'.: to the maxi­
mal value in the image must be displayed. For displaying the image, a range of video 
intensities from the darkest to the brightest the video monitor can produce is .avail­
able. There is a great amount of choice in how the mapping from pixel value to 
video intensity is to be performed. Selecting a mapping that optimizes the display 
of important features in the image is called contrast enhancement. 

There are two methods for contrast enhancement available on most medical 
image-processing computers: translation table selection and windowing. Both of these 
may be considered to be methods image processing. However, they are intimately 
connected with displaying images and so are discussed here. Furthermore, both meth­
ods may be applied to the entire image in display memory before the pixel values are 
sent, one at a time, to form a video signal, or they may be performed on each pixel 
value, one at a time, after it is selected. The second approach will be described below. 

A translation table is a lookup table that the video interface uses to modify each 
pixel value before it is sent to the DAC and becomes an analog signal. Figure 4-14 

Digital 
image 

Video display memory 
in video interface 

Digital signal 

Translation 
table 

Analog video signal 

DAC 
to video monitor 

FIGURE 4-14. Video interface showing function of a translation table. An image is transferred to the 
memory of the video interface for display. The video interface selects pixels in a raster pattern, and 
sends t he pixel values, one at a time, to the lookup table. The lookup table produces a digital value indi­
cat ing video intensity to the DAC. The DAC converts the video inten:;ity from digital to analog form . 
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FIGURE 4-15. Graphs of four translation tables. The first will 
enhance contrast in the brighter portions of the image, the sec­
ond will display contrasts evenly, the third will enhance contrast 
in the darker portions of the image, and the fourth will reverse 
contrast (white on black becomes black on white). 

illustrates the use of a translation table. When an image is displayed, each pixel 
value is sent to the translation table. For every possible pixel value, the table con­
tains a number representing a video intensity. When the translation table receives a 
pixel value, it looks up the corresponding video intensity and sends this digital 
number to the DAC. The DAC then converts this number to an analog voltage sig­
nal. Figure 4-15 shows four translation tables in graphical form. 

Windowing is the second method for contrast enhancement. The viewer may 
choose to use the entire range of video intensities to display just a portion of the 
total range of pixel values. For example, an image may have a minimal pixel value 
of 0 and a maximum of 200. If the user wishes to enhance contrast differences in 
the brighter portions of the image, a window from 100 to 200 might be selected. 
Then, pixels with values from 0 to 100 are displayed at the darkest video intensity 
and so will not be visible on the monitor. Pixels with values of 200 will be displayed 
at the maximal brightness, and the pixels with values between 100 and 200 will be 
assigned intensities determined by the current translation table. Figure 4-16 illus­
trates windowing. 

CT and MRI scanners and digital radiography machines usually have level and 
window controls. The level control determines the midpoint of the pixel values to 
be displayed and the window control determines the range of pixel values about the 
level to be displayed. Some nuclear medicine computers require the user to select 
the lower level (pixel value below which all pixels are displayed at the darkest video 
intensity) and the upper level (pixel value above which all pixel values are set to the 
brightest video intensity): 

Lower level= Level - Window/2 

Upper level = Level + Window/2. 
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FIGURE 4-16. Windowing an image with pixel values from Oto 20Q to enhance contrast in pixels 
from Oto 100 (left), 50 to 150 (center), and 100 to 200 (right). • • • • • 

False Color Displays 

As mentioned above, radiographic images do not inherently have the property of 
color. When color is used to display them, they are called false color images. Figure 
4-17 shows how false color images are produced. Common uses of false color dis­
plays include nuclear medicine, in which color is often used to enhance the per­
ception of contrast, and ultrasound, in which color is used to superimpose flow 
information on images displaying anatomic information. False color displays are 
also commonly used in image co-registration, in which an image obtained from one 
modality is superimposed on a spatially congruent image from another modality. 

Digital 
image 

Video display memory 
in video interface 

Green 
Translation 

table 

Blue 
Translation 

table 

Digital signal 

Digital signal 

Digital signal 

DAG 

DAG 

DAG 

Analog signal 

to red gun of 
video monitor 

Analog signal 

to green gun of 
video monitor 

Analog signal 

to blue gun of 
video monitor 

FIGURE 4-17. Creation of a false color display. Each individual pixel value in the image being dis­
played is used to look up a red, a green, and a blue intensity value. These are simultaneously dis­
played adjacent to one another within a single pixel of a color video monitor. The mix of these three 
colors creates the perception of a single color for that pixel. 
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For example, it is often useful to superimpose nuclear medicine images, which dis­
play physiology, but may lack anatomic landmarks, on CT or MRI images. In this 
case, the nuclear medicine image is usually superimposed in color on a gray-scale 
MRI or CT image. 

Hard-Copy Devices 

Digital images may be recorded on photographic film using either a video imager 
~r a laser iniager. Most video imagers use the analog videq signal produced by the. 
video interface. A video imager consists of a video monitor; •a film holder; and 01i~ 

or more lenses, each with a shutter, to focus th.e video image: onto the film, all 
encased in a light-tight enclosure. A laser imager scans a moving film with a laser 
beam to produce the image, one row at a time. Most video and laser imagers allow 
the user to record several images on a single sheet of film. Video and laser imagers 
are discussed in more detail in Chapter 17. 



COMPUTED TOMOGRAPHY 

Computed tomography (CT) is in its fourth decade of clinical use and has proved 
invaluabl~ as a diagnostic tool for many clinical applications, from cancer diagnosis 
to trauma to osteoporosis screening. CT was the first imaging modality that made 
it possible to probe the inner depths of the body, slice by slice. Since 1972, when 
the first head CT scanner was introduced, CT has matured greatly and gained tech­
nological sophistication. Concomitant changes have occurred in the quality of CT 
images. The first CT scanner, an EMI Mark 1, produced images with 80 X 80 pixel 
resolution (3-inm pixels), and each pair of slices required approximately 4.5 min­
utes of scan time and 1.5 minutes of reconstruction time. Because of the long acqui­
sition times required for the early scanners and the constraints of cardiac and respi­
ratory motion, it was originally thought that CT would be practical only for head 
scans. 

CT is one of the many technologies that was made possible by the invention of 
the computer. The clinical potential of CT became obvious during its early clinical 
use, and the excitement forever solidified the role of computers in medical imaging. 
Recent advances in acquisition geometry, detector technology, multiple detector 
arrays, and x-ray tube design have led to scan times now measured in fractions of a 
second. Modern computers deliver computational power that allows reconstruction 
of the image data essentially in real time. 

The invention of the CT scanner earned Godfrey Hounsfield of Britain and 
Allan Cormack of the United States the Nobel Prize for Medicine in 1979. CT 
scanner technology today is used not only in medicine but in many other industrial 
applications, such as nondestructive testing and soil core analysis. 

13.1 BASIC PRINCIPLES 

The mathematical principles of CT were first developed by Radon in 1917. Radon's 
treatise proved that an image of an unknown object could be produced if one had 
an infinite number of projections through the object. Although the mathematical 
details are beyond the scope of this text, we can understand the basic idea behind 
tomographic imaging with an example tal<.en from radiography. 

With plain film imaging, the three-dimensional (3D) anatomy of the patient is 
reduced to a two-dimensional (2D) projection image. The density at a given point 
on an image represents the x-ray attenuation properties within the patient along a 
line between the x-ray focal spot and the point on the detector corresponding to the 
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point on the image. Consequently, with a conventional radiograph of the patient's 
anatomy, information with respect to the dimension· parallel to the x-ray beam is 
lost. This limitation can be overcome, at least for obvious structures, by acquiring 
both a posteroanterior (PA) projection and a lateral projection of the patient. For' 
example, the PA chest image yields information concerning height and width, inte­
grated along the depth of the patient, and the lateral projection provides informa­
tion about the height and depth of the patient, integrated over the width dimen­
sion (Fig. 13-1). For objeccs that can be idencified in both images, such as a 
pulmonary nodule on PA and lateral ches_c radiograp_hs, the two filrps pro.vide v:ilti­
able location information. For more complex or subtle pachology, however, th.e .. rwo· 
projections are not sufficienc. Imagine ·char instead of just rwo projections, a series 
of 360 radiographs were acquired at I-degree angqlar incervals aro~d th patienr's 

Lateral PA 

l 
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l 
depth width 
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PA 

FIGURE 13-1. Posteroanterior and lateral chest radiographs give three-dimensional information 
concerning the location of an abnormality. In computed tomography, the two views shown here are 
extended to almost 1,000 views, and with appropriate computer processing true three-dimensional 
information concerning the patient's anatomy can be displayed. 
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FIGURE 13-2. A pixel (picture ele­
ment) is the basic two-dimensional 
element of a digital image. Com­
puted tomographic (CT) images are 
typically square arrays containing 
512 x 512 pixels, each pixel repre­
senting 4,096 possible shades of gray 
(12 bits). Each pixel in the CT image 
corresponds to a voxel (volume ele­
ment) in the patient. The voxel has 
two. dimensions equal to the piJ<el in .' 
the plane of the image, and the thlrd 
dimension represents the slice thick­
ness of the CT scan. 

acic cavity. Such a set of images provides essentially the same data as a thoracic 
scan. However, the 360 radiographic images display the anatomic information 
way that would be impossible for a human to visualize: cross~sectional images. 
ese 360 images were stored into a computer, the computer could in principle 
·mat the data and generate a complete .thoracic CT examination. 
The tomographic image is a picture of a slab of the patient's anatomy. The 2D 
image corresponds to a 3D section of the patient, so that even with CT, three 
:nsions are compressed into two. However, unlike the case with plain film 
;ing, the CT slice-thickness is very thin (1 to 10 mm) and is approximately uni­
.. The 2D array of pixels (short for picture elements) in the CT image corre­
ds to an equal number of 3D voxels (volume elements) in the patient. Voxels 
the same in-plane dimensions as pixels, but they ~so include the slice thick­
dimension. Each pixel on the CT image displays the average x-ray attenuation 
erties of the tissue in the corresponding voxel (Fig. 13-2). 

1ographic Acquisition 

.gle transmission measurement through the patient made by a single detector 

5iven moment in time is called a ray. A series of rays that pass through the 
nt at the same orientation is called a p roj ection or view. There are two projec­
;eometries that have been used in CT imaging (Fig. 13-3). The more basic type 
-al/el beam geometry, in which all of the rays in a projection are parallel to each 
. In fan beam geometry, the rays at a given projection angle diverge and have 
ppearance of a fan. All modern CT scanners incorporate fan beam geometry 
e acquisition and reconstruction process. The purpose of the CT scanner 
vare is to acquire a large number of transmission measurements through the 
1t at different positions. The acquisition of a single axial CT image may 
re approximately 800 rays taken at 1,000 different projection angles, for a total 
Jrox.imately 800,000 transmission measurements. Before the axial acquisition 
: next slice, the table that the patient is lying on is moved slightly in the cra­
audal direction (the "z-axis" of the scanner), which positions a different slice 
:ue in the path of the x-ray beam for the acquisition of the next image. 
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FIGURE 13-3. Computed 
tomographic (CT) images are 
produced from a large num­
ber of x-ray · t ransmission 
measurements ca lled .qiys. A 
group Qf rays · acquired in .a 
certain .·geometry is called ·a 
projection or,-·view. 'r wo dif­
ferent geometries have been 
us.ed in CT, parallel beam pro­
jection and fan beam projec­
tion, as shown in this figure. 

Each ray that is acquired in CT is a transmission measurement through the patient 
along a line, where .the detector measures an x-ray intensity, I,. The unattenuated 
intensity of the x-ray beam is also measured during the scan by a reference detector, 
and this detects an x-ray intensity Ia, The relationship between le and Ia is given by 
the following equation: 

where t is the thickness of the patient along the ray and µ is rhe average linear atten­
uation coeffident along the ray. Notice chat I, and Ia are machine-dependent values, 
but the produce µc is an important parameter relating to the anatomy of the patient 
along a given ray. "When the equation is rearranged, the measured values I, and Ia 
can be used co calculate the parameter of interest: 

ln( Ia/I, ) = µc 

where In is the natural logarithm (to base e, e = 2.78 . . . ), t ultimately cancels our, 
and the valueµ for each ray is used in the CT reconscruction algorithm. This com­
putation, which is a preprocessing step performed before image reconstruction, 
reduces the dependency of the CT image on the machine-dependent parameters, 
resulting in an image char depends primarily on the pacient's anatomic characteris­
tics. This is very much a desirable aspect of imaging in general, and the high clini­
cal utility of CT results, in par_t, from this feature. By comparison, if a screen-film 
radiograph is underexposed (10 is coo low) it appears too white, and if it is overex­
posed (Io too high) it appears coo dark The density of CT images is independent 
of I0 , alrhough rhe noise in the image is affected. 

Afcer preprocessing of the raw data, a CT reconstruction algorithm is used to 

produce che CT images. There a.re numerous reconstruction strategies; however,fil­
tered backprojection reconstruction is most widely used in clinical CT scanners. The 
backprojeccion method builds up the CT image in the computer by essencially 
reversing the acquisition seeps (Fig. 13-4). During acquisicion, attenuation infor­
macion along a known path of the narrow x-ray beam is integrated by a detector. 
During backprojeccion reconsrrucc-ion, theµ value for each ray is smeared along this 
same path in che image of rhe patient. As che data from a large number of rays are 
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• FIGURE 13-4. Data acquisition in computed tomography (CT) involves making 
transmission measurements through the object at numerous angles ~round tne 
object (left). The process of computing the er image from the acquisition data 
essentia lly reverses the acquisit ion geomet ry mat hematically• {right). Each transmis­
sion measurement is backprojected onto a digital matrix. · After backprojection, 
areas of high attenuation are positively reinforced through the backprojection 
process whereas other areas are not, and thus the image is built up from the large 
collection of rays passing through it. 

backprojected onto the image matrix, areas of high attenuation tend to reinforce 
each other, and areas of low attenuation also reinforce, building up the image in the 
computer. 

13.2 GEOMETRY AND HISTORICAL DEVELOPMENT 

Part of understanding an imaging modality involves appreciation of the maturation 
of that modality. In addition to historical interest, the discussion of the evolution of 
CT scanners also allows the presentation and reinforcement of several key concepts 
in CT imaging. 

First Generation: Rotate/Translate, Pencil Beam 

CT scanners represent a marriage of diverse technologies, including computer hard­
ware, motor control systems, x-ray detectors, sophisticated reconstruction algo­
rithms, and x-ray tube/generator systems. The first generation of CT scanners 
employed a rotate/translate, pencil beam system (Fig. 13-5). Only two x-ray detec­
tors were used, and they measured the transmission of x-rays through the patient 
for two different slices. The acquisition of the numerous projections and the mul­
tiple rays per projection required that the single detector for each CT slice be phys­
ically moved throughout all the necessary positions. This system used parallel ray 
geometry. Starting at a particular angle, the x-ray tube and detector system trans­
lated linearly across the field of view (FOY), acquiring 160 parallel rays across a 24-
cm POV 'When the x-ray tube/detector system completed its translation, the whole 
system was rotated slightly, and then another translation was used to acquire the 
160 rays in the next projection. This procedure was repeated until 180 projections 
were acquired at I-degree intervals. A total of 180 X 160 = 28,800 rays were mea­
sured. 
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FIGURE 13-5. First-generation (rotate/translate) computed tomog­
raphy (CT). The x-ray tube and a single detector (per CT slice) trans­
late acrnss the field of view, producing a series of parallel rays. The 
system then rotates slightly and translates back across the field of 
view, producing ray measurements at a different angle. This process 
is repeated at 1-degree intervals over 180 degrees, resulting in the 
complete CT data set. 

As the system translated and measured rays from the thickest part of the head 
to the area adjacent to the head, a huge change in x-ray flux occurred. The early 
detector systems could not accommodate this large change in signal, and conse­
quently the patient's head was pressed into a flexible membrane surrounded by a 
water bath. The water bath acted to bolus the x-rays so that the intensity of the x­
ray beam outside the patient's head was similar in intensity to that inside the head. 
The Nal detector also had a significant amount of "afterglow," meaning that the sig­
nal from a measurement taken at one period of time decayed slowly and carried over 
into the next measurement if the measurements were made temporally too close 
together. 

One advantage of the first-generation CT scanner was that it employed pencil 
beam geometry-only two detectors measured the transmission of x-rays through 
the patient. The pencil beam allowed very efficient scatter reduction, because scat­
ter that was deflected away from the pencil ray was not measured by a detector. 
With regard to scatter rejection, the pencil beam geometry used in first-generation 
CT scanners was the best. 

Second Generation: Rotate/Translate, Narrow Fan Beam 

The next incremental improvement to the CT scanner was the incorporation of a 
linear array of 30 detectors. This increased the utilization of the x-ray beam by 30 
times, compared with the single detector used per slice in first-generation systems. 
A relatively narrow fan angle of 10 degrees was used. In principle, a reduction in 
scan time of about 30-fold could be expected. However, this reduction time was not 
realized, because more data (600 rays X 540 views = 324,000 data points) were 
acquired to improve image quality. The shortest scan time with a second-generation 
scanner was 18 seconds per slice, 15 times faster than with the first-generation sys­
tem. 
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FIGURE 13-6. Pencil beam geometry makes inefficient use of the x­
ray source, but it provides exceflent x-ray scatter rejection. X-rays 
that are scattered away frnm the primary pencil beam do not strike 
the detector and are not.measured. Fan beam geometry makes use 
of a linear x-ray detector and a divergent fan beam of x-rays. X-rays 
that are scattered in the same plane as the detector can be detected, 
but x-rays that are scattered out of plane miss the linear detector 
amw and are not detected. Scattered radiation accounts for approx­
imately 5% of the signal in typical fan beam scanners. Open beam 
geometry, which is used in projection radiography, results in the 
highest detection of scatter. Depending on the dimensions and the 
x-ray energy used, open beam geometries can lead to four detected 
scatter events for every detected primary photon (s/p-=4). 

Incorporating an array of decectors, instead of just two, required the use of a 
narrow fan beam of radiation. Although a narrow fan beam provides excellent scat­
ter rejection compared wi th plain film imaging, it does allow more scattered radia­
tion to be detected than was che case with the pencil beam used in first-generation 
CT. The difference between pencil beam, fan beam, and open beam geometry in 
terms of scatter detection is illustrated in Fig. 13-6. 

Third Generation: Rotate/Rotate, Wide Fan Beam 

The translational motion of first- and second-generation CT scanners was a funda­
mental impediment co fast scanning. Ac the end of each cranslation, the motion of 
the x-ray cube/detector system had co be stopped, che whole system rotated, and 
the translational motion restarted. The success of CT as a clinical modality in its 
infancy gave manufacturers reason to explore more efficient, bur more costly, 
approaches to the scanning geometry. 

The number of derectors used in third-generation scanners was increased sub­
stantially (to more than 800 detectors), and the angle of the fan beam was increased 
so chac the deteccor array formed an arc wide enough to allow the x-ray beam to 
inrerrogate the encire patient (Fig. 13-7). Because detectors and che associated elec­
tronics are expensive, this led co more expensive CT sc:;anners. However, spanning 
the dimensions of the patient with an entire row of detectors eliminated ~e need 
for translational motion. The mulciple detectors in the detector array capture the 
same number of ray measurements in one instant as was required by a complete 
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FIGURE _ 13-7; Third-generation (rotat!:!lrotate) corn- : 
puted tomography. '1n th is geometry, the X-ray tube 
and detector array are mechanically attached and 
rotate together inside the gantry. The detector array 
is long enough s·o that the fan angle encompasses the 
entire width of the patient. 

translation in the earlier scanner systems. The mechanically joined x-ray tube and 
detector array rotate together around the patient without translation. The motion 
of third-generation CT is "rotate/rotate," referring to the rotation of the x-ray tube 
and the rotation of the detector array. By elimination of the translational motion, 
the scan time is reduced substantially. The early third-generation scanners could 
deliver scan times shorter than 5 seconds. Newer systems have scan times of one­
half second. 

The evolution from first- to second- and second- to third-generation scanners 
involved radical improvement with each step. Developments of the fourth- and 
fifth-generation scanners led not only to some improvements but also to some 
compromises in clinical CT images, compared with third-generation scanners. 
Indeed, rotate/rotate scanners are still as viable today as they were when they were 
introduced in 1975. The features of third- and fourth-generation CT should be 
compared by the reader, because each offers some benefits but also some trade­
offs. 

Fourth Generation: Rotate/Stationary 

Third-generation scanners suffered from the significant problem of ring artifacts, 
and in the late 1970s fourth-generation scanners were designed specifically to 
address these artifacts. It is never possible to have a large number of detectors in per­
fect balance with each other, and this was especially true 25 years ago. Each detec­
tor and its associated electronics has a certain amount of drift, causing the signal lev­
els from each detector to shift over time. The rotate/ rotate geometry of 
third-generation scanners leads to a situation in which each detector is responsible 
for the data corresponding to a ring in the image (Fig. 13-8). Detectors toward the 
center of the detector array provide data in the reconstructed image in a ring that is 
small in diameter, and more peripheral detectors contribute to larger diameter rings. 

Third-generation CT uses a fan geometry in which the vertex of the fan is the 
x-ray focal spot and the rays fan out from the x-ray source to each detector on the 
detector array. The detectors toward the center of the array make the transmission 
measurement Ir, while the reference detector that measures l 0 is positioned near the 
edge of the detector array. If g1 is the gain of the reference detector, and gz is the 
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FIGURE 13-8. "With third-generation geometry ' in 
computed tomography, each individual detector gives 
rise to an annulus (ring) of image information. When a 
detector becomes miscalibrated, the tainted data can 
lead to ring artifacts in the reconstructed image. 

gain of the other detector, then the transmission measurement is given by the fol­
lowing equation: 

/n(g1Io/ g2It) = µt 

The equation is true only if the gain terms cancel each other out, and that hap­
pens when g1 = g2. If there is electronic drift in one or both of the detectors, then 
the gain changes between detectors, so that g1 -:/:- gz. So, for third-generation scan­
ners, even a slight imbalance between detectors affects the µt values that are back­
projected to produce the CT image, causing the ring artifacts. 

Fourth-generation CT scanners were designed to overcome the problem of ring 
artifacts. With fourth-generation scanners, the detectors are removed from the 
rotating gantry and are placed in a stationary 360-degree ring around the patient 
(Fig. 13-9), requiring many more detectors. Modern fourth-generation CT systems 
use about 4,800 individual detectors. Because the x-ray tube rotates and the detec­
tors are stationary, fourth-generation CT is said to use a rotate/stationary geometry. 
During acquisition with a fourth-generation scanner, the divergent x-ray beam 

tube rotates 
360° stationary 
detector array 

FIGURE 13-9. Fourth-generation 
(rotate/stationary) computed 
tomography (CT). The x-ray tube 
rotates within a complete circular 
array of detectors, which are sta­
tionary. This design requires 
about six times more individual 
detectors than a third-generation 
CT scanner does. At any point 
during the scan, a divergent fan 
of x-rays is .detected by a group of 
x-ray detectors. 

. . . 
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third generation fourth generation 
FIGURE 13-10. The fan beam geometry in third-generation computed tomography uses the x­
ray tube as the apex of the fan (source fan). Fourth-generation scanners normalize the data 
acquired during the scan so that the apex of the fan is an individual detector (detector fan). With 
third-generation scanners, the detectors near the edge of the detector array measure the refer­
ence x-ray beam. With fourth-generation scanners, the reference beam is measured by the same 
detector used for the transmission measurement. 

emerging from the x-ray tube forms a fan-shaped x-ray beam. However, the data are 
processed for fan beam reconstruction with each detector as the vertex of a fan, the 
rays acquired by each detector being fanned out to different positions of the x-ray 
source. In the vernacular of CT, third-generation design uses a source fan, whereas 
fourth-generation uses a detector fan. The third-generation fan data are acquired by 
the detector array simultaneously, in one instant of time. The fourth-generation fan 
beam data are acquired by a single detector over the period of time that is required 
for the x-ray tube to rotate through the arc angle of the fan. This difference is illus­
trated in Fig. 13-10. With fourth-generation geometry, each detector acts as its own 
reference detector. For each detector with its own gain, g, the transmission mea­
surement is calculated as follows: 

Note that the single g term in this equation is guaranteed to cancel out. Therefore, 
ring artifacts are eliminated in fourth-generation scanners. It should be mentioned, 
however, that with modern detectors and more sophisticated calibration software, 
third-generation CT scanners are essentially free of ring artifacts as well. 

Fifth Generation: Stationary/Stationary 

A novel CT scanner has been developed specifically for cardiac tomographic imag­
ing. This "cine-CT" scanner does not use a conventional x-ray tube; instead, a large 
arc of tungsten encircles the patient and lies directly opposite to the detector ring. 
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FIGURE 13-11. A schematic diagram of the fifth-generation; !matron (South San Fran­
cisco, CA) cine-CT scanner is shown. 

X-rays are produced from the focal track as a high-energy electron beam strikes the 
tungsten. There are no moving parts to this scanner gantry. The electron beam is 
produced in a cone-like structure (a vacuum enclosure) behind the gantry and is 
electronically steered around the patient so that it strikes the annular tungsten tar­
get (Fig. 13-11). Cine-CT systems, also called electron beam scanners, are marketed 
primarily to cardiologists. They are capable of 50-msec scan times and can produce 
fast-frame-rate CT movies of the beating heart. 

Sixth Generation: Helical 

Third-generation and fourth-generation CT geometries solved the mechanical iner­
tia limitations involved in acquisition of the individual projection data by elimi­
nating the translation motion used in first- and second-generation scanners. How­
ever, the gantry had be stopped after each slice was acquired, because the detectors 
(in third-generation scanners) and the x-ray rube (in third- and fourth-generation 
machines) had to be connected by wires to the stationary scanner electronics. The 
ribbon cable used to connect the third-generation detectors with the electronics had 
to be carefully rolled out from a cable spool as the gantry rotated, and then as the 
gantry stopped and began to rotate in the opposite direction the ribbon cable had 
to be retracted. In the early 1990s, the design of third- and fourth-generation scan­
ners evolved to incorporate slip ring technology. A slip ring is a circular contact with 
sliding brushes that allows the gancry to rotate continually, untethered by wires. The 
use of slip-ring technology eliminated the inertial limitations at the end of each slice 
acquisition, and the rotating gantry was free to rotate continuously throughout the 
entire patient examination. This design made it possible to achieve greater rota­
tional velocities than with systems not usi.og a slip ring, allowing shorter scan times. 

Helical CT (also inaccurately called spiral CI) scanners acquire data while the 
table is moving; as a result, the x-ray source moves in a helical pattern around the 
patient being scanned. Helical CT scanners use either third- or fourth-generation 
slip-ring designs. By avoiding the time ,required to translate the patient table, the 
total scan time required to image the patient can be much shorter (e.g., 30 seconds 
for the entire abdomen). Consequently, helical scanning allows the use of less con­
trast agent and increases patient throughput. In some instances the entire scan can 
be performed within a single breath-hold of the patient, avoiding inconsistent lev­
els of inspiration. 



338 Section II: Diagnostic Radiology 
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FIGURE 13-12. With helical computed tomographic scanners, the x-ray tube rotates around the 
patient while the patient and the table are translated through the gantry. The net effect of these 
two motions results in the x-ray tube traveling in a helical path around the patient. 

The advent of helical scanning has introduced many different considerations 
for data acquisition. In order to produce reconstructions of planar sections of the 
patient, the raw data from the helical data set are interpolated to approximate the 
acquisition of planar reconstruction data (Fig. 13-12). The speed of the table 
motion relative to the rotation of the CT gantry is a very important consideration, 
and the pitch is the parameter that describes this relationship (discussed later). 

Seventh Generation: Multiple Detector Array 

X-ray tubes designed for CT have impressive heat storage and cooling capabilities, 
although the instantaneous production of x-rays (i.e., x-rays per milliampere-second 
[mAs]) is constrained by the physics governing x-ray production. An approach to 
overcoming x-ray tube output limitations is to make better use of the x-rays that are 
produced by the x-ray tube. When multiple detector arrays are used (Fig. 13-13), 
the collimator spacing is wider and therefore more of the x-rays that are produced 
by the x-ray tube are used in producing image data. With conventional, single 
detector array scanners, opening up the collimator increases the slice thickness, 
which is good for improving the utilization of the x-ray beam but reduces spatial 
resolution in the slice thickness dimension. With the introduction of multiple 
detector arrays, the slice thickness is determined by the detector size and not by the 
collimator. This represents a major shift in CT technology. 

For example, a multiple detector array CT scanner may operate with four con­
tiguous, 5-mm detector arrays and 20-mm collimator spacing. For the same tech­
nique (kilovoltage [kV] and mAs), the number of x-rays being detected is four times 
that of a single detector array with 5-mm collimation. Furthermore, the data set 
from the 4 X 5 mm multiple detector array can be used to produce true 5-mm slices, 
or data from adjacent arrays can be added to produce true 10-, 15-, or even 2O-mm 
slices, all from the same acquisition. The flexibility of CT acquisition protocols and 
increased efficiency resulting from multiple detector array CT scanners allows bet­
ter patient imaging; however, the number of parameters involved in the CT acqui-
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I 
4 detector arrays detector array 

FIGURE 13-13. Multiple detector array computed tomographic (CT) 
scanners use several, closely spaced, complete detector arrays. With no 
table translation (non helical acquisition), each detector array acquires a 
separate axial CT image. With helical acquisition on a multiple detector 
array system, table speed and detector pitch can be Increased, Increas­
ing the coverage for a given period of time. 

sicion protocol is increased as well. Also wirh multiple detector arrays, rhe notion of 
helical pitch needs to be redefined. This ropic is discussed later in rhe chapter. 

13.3 DETECTORS AND DETECTOR ARRAYS 

Xenon Detectors 

Xenon detectors use high-pressure (about 25 arm) nonradioactive xenon gas, in 
long chin cells becween two metal plates (Fig. 13-14). Although a gaseous detector 
does not have the same detection efficiency as a solid one rhe detector can be made 
very thick (e.g., 6 cm) to compensate in part for its relatively low density. The metal 
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FIGURE 13-14. Xenon detec­
tor arrays are a series of highly 
directional xenon-filled ion­
ization chambers. As x-rays 
ionize xenon atoms, the 
charged ions are collected as 
electric current at the elec­
trodes. The current is propor­
tional to the x-ray fluence. 

. ' 
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sepra that separate the individual xenon detectors can also be made quire chin and 
chis improves the geometric efficiency by reducing dead space between detectors. 
The geometric efficiency is the fraction of primary x-rays exiting the patient chat 
strike active detector elements. 

The long, chin ionizacion places of a xenon detector are highly directional. For 
chis reason, xenon detectors muse be positioned in a fixed oriencacion with respect 
to the x-ray source. Therefore, xenon detectors cannot be used for fourth-genera­
tion scanners, because those detectors have to· record x-rays as the source moves over 
a very wide angle. Xenon detectors can be used Qruy for third-generation s.yscems. 

Xenon detectors for CT are ionization deteC:t6rs-a gaseous volume is .Sur- • 
rounded by rwo metal electrodes, with a vol cage -applied across -the two ·electrodes 
(see Chapter 20). As x-rays interact with the xenon atoms and cause ionization (pos­
itive atoms and negative electrons), ch~ electric field (volts per centimeter) between 
the plates causes che ions to move co the electrodes, where che electronic charge is 
collected. The electronic signal is amplified and then digitized, and its numerical 
value is directly proportional to the x-ray intensity striking the detector. Xenon 
detector technology has been surpassed by solid-state detectors, and its use is now 
relegated to inexpensive CT scanners. 

Solid-State Detectors 

A solid-state CT detector is composed of a scintillator coupled tightly to a pho­
todetector. The scintillator emits visible light when it is struck by x-rays, just as in 
an x-ray intensifying screen. The light emitted by the sciocillator reaches che pho­
codececror, typically a phorodiode, which is an electronic device chat converts light 
intensity into an electrical signal proportional co the lighr intensity (Fig. 13-15). 
This scinrillator-phorodiode design of solid-scare CT detectors is very similar in 
concept to many digital radiographic x-ray detector systems; however, the perfor­
mance requirements of CT are slightly different. The detector size in CT is mea­
sured in millimeters (typically 1.0 X 15 mm or 1.0 X 1.5 mm for multiple detector 
array scanners), whereas detector elements in digital radiography systems are typi-

collimated x-ray beam 

CT linear detector array 

x-ray C 
large acceptance angle 

visible light 

scintillator 

photodiode 

electrical signal 

FIGURE 13-15. Solid-state detectors comprise a scintillator coupled to a pho­
todiode. X-rays interact In the scintillator, releasing visible light, which strikes 
the photodiode and produces an electric signal proportional to the x-ray flu­
ence. For a single CT linear detector array, the detectors are slightly w ider 
than the widest collimated x-ray beam thickness, approximately 12 mm. 



1in, and 
:rectors. 
:nt that 

1al. For 
respect 
;enera­
es over 
terns. 
s sur­
:rodes 
(pos­
ween 
rge rs 
~rical 
enon 
now 

ho-
llll 

1-io-

~ht 
5). 
Ill 

>r-
-a-

)r 

1-

Chapter 13: Computed Tomography 341 

cally 0.10 to 0.20 mm on each side. CT requires a very high-fidelity, low-noise sig­
nal, typically digitized to 20 or more bits. 

The scintillator used in solid-state CT detectors varies among manufacturers, 
with CdWO4, yttrium and gadolinium ceramics, and other materials bein.g used. 
Because the density and effective atomic number of scintillators are substantially 
higher than those of pressurized xenon gas, solid-state detectors typically have bet­
ter x-ray absorption efficiency. However, to reduce crosstalk between adjacent 
d~tector elements, a small gap between detector ele·ments is necessary, and this 
reduces the g~ometric efficiency somewhat. • • 

• The top surface of a solid-state CT detector is essentially flat and therefore is · 
capable of x-ray detection over a wide range of angles, unlike the xenon det.ector. 
Solid-state detectors are required for fourth-generation CT scanners, and they are 
used in most high-tier third-generation scanner_s as well. 

Multiple Detector Arrays 

Multiple detector arrays are a set of several linear detector arrays, tightly abutted 
(Fig. 13-16). The multiple detector array is an assembly of multiple solid-state 
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FIGURE 13-16. A multiple detector array composed of multiple detec­
tor modules is i llustrated in t he top panel. In t he bottom panel, four dif­
f erent detector configurat ions are shown, (A-0 ) each allowing the 
detection of four simultaneous slices but at different slice widths deter­
mined by how many detectors are binned together. 
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detector array modules. With a traditional single detector array CT system, the 
detectors are quite wide (e.g., 15 mm) and the adjustable collimator determines 
slice thickness, typically between 1 and 13 mm. With these systems, the spacing. 
between the collimator blades is adjusted by small motors under computer control. 
With multiple detector arrays, slice width is determined by the detectors, not by the 
collimator (although a collimator does limit the beam to the total slice thickness). 
To allow the slice width to be adjustable, the detector width must be adjustable. It 
is not feasible, however, to physically change the width of the detector arrays per se, 
Therefore, with multislice systems, the sli«:e \<Vidch is determined qy grouping one • 
or more detector uni cs together. For .one rr;ianu.facrurer,' the individual dececror ele­
ments are 1.25 mm wide, and there are 16 contiguous detectors across the moduie. 
The detector dimensions are referen:ced to the scanner's isocenter, the point at the 
center of gantry rotation. The electronics are available for four detector array chan­
nels, and one, two, three or four detectors on the detector module can be combined 
to achieve slices of 4 X 1.25 mm, 4 X 2.50 mm, 4 X 3.75 mm, or 4 X 5.00 mm. To 
combine the signal from several detectors, the detectors are essentially wired 
together using computer-controlled switches. Ocher manufacturers use the same 
general approach but with different detector spacings. For example, one manufac­
turer uses 1-mm detectors everywhere except in the center, where four 0.5-mm­
wide detectors are used. Other manufacturers use a gradually increasing spacing, 
with detector widths of 1.0, 1.5, 2.5, and 5.0 mm going away from the center. 
Increasing the number of active detector arrays beyond four (used in the example 
discussed) is a certainty. 

Multiple detector array CT scanners make use of solid-state detectors. For a 
third-generation multiple detector array with 16 detectors in the slice thickness 
dimension and 750 detectors along each array, 12,000 individual detector elements 
are used. The fan angle commonly used in third-generation CT scanners is about 
60 degrees, so fourth-generation scanners (which have detectors placed around 360 
degrees) requi~e roughly six times as many detectors as third-generation systems. 
Consequently, all currently planned multiple detector array scanners make use of 
third-generation geometry. 

13.4 DETAILS OF ACQUISITION 

Slice Thickness: Single Detector Array Scanners 

The slice thickness in single dereccor array CT systems is determined by the phys­
ical collimation of the incid~nr ,c,-ray beam with. cwo lead jaws. As the gap 
berween the rwo lead jaws widens, the slice thickness increases. The width ofthe 
detectors in the single detector array places an upper limit on slice thickness. 
Opening the collimation beyond this point would do nothing to increase slice 
thickness, but would increase both the dose to the patient and the amount of scat­
tered radiation. 

There are important tradeoffs with respect to slice thickness. For scans per­
formed at the same kV and mAs, the number of detected x-ray photons increases 
linearly with slice thickness. For example, going from a 1-mm to a 3-mm slice 
thickness triples the number of detected x-ray photons, and the signal-to-noise 
ratio (S R) increases by 73%, since V3 = 1.73. Increasing the slice thickness from 
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5 ro 10 mm wirh rhe same x-ray technique (kV and m.As) doubles the number of 
derecced x-ray photons, and the SNR increases by 41 %: V2 == 1.41. Larger slice 
thicknesses yield better contrast resolution (higher SNR) with the same x-ray tech­
niques, but the spatial resolution in the slice thickness dimension is reduced. Thin 
slices improve spatial resolution in rhe thickness dimension and reduce partial vol­
ume averaging. For thin slices, the m.As of the study protocol usually is ,increased 
to partially compensate for the loss of x-ray photo~s resulting from the collima­
tion. 
• It is common to think of a CT image as literally havi,ng the geometry ofa sl~b, 
of tissue, but this is not actually the case. The contrast of-a: small (e.g.; 0.5 mm),: 
highly attenuating ball bearing is greater if the bearing is in the center of tQe CT 
slice, and rhe contrast decreases as the bearing moves toward the edges of rhe slice 
(Fig. 13-17). This effect describes the slice sensitivity profile. For single detector array 
scanners, the shape of the slice sensitivity profile 'is a consequence of the finite width 
of the x-ray focal spot, the penumbra of rhe collimator, the fact ·that the image is 
computed from a number of projection angles encircling the patient, and other 
minor factors. Furthermore, helical scans have a slightly broader slice sensitivity 
profile due to translation of the patient during the scan. The nominal slice thickness 
is that which is set on the scanner control panel. Conceptually, the nominal slice is 
thought of as having a rectangular slice sensitivity profile. 
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FIGURE 13-17. The slice sensitivity profile is a result of detector w idth; 
focal spot size and distribution; collimator penumbra, and the combined 
influence of all the projection angles. The nominal slice dimensions con­
vey that the computed tomographic (CT) image is of a slab of tissue of 
finite thickness; however, the same object at different locations in the 
slice volume (e.g., positions A, B, C, and D) will produce different CT 
numbers in the image. Consequently, when a small object is placed in the 
center of the CT slice, it produces greater contrast from background 
(greater difference in CT number) t han when the same obj ect is posi­
tioned near the edge of the sl ice volume. 
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Slice Thickness: Multiple Detector Array Scanners 

The slice thickness of multiple detector array CT scanners is determined not by 
the collimation, but rather by the width of the detectors in the slice thickness 
dimension. The width of the detectors is changed by binning different numbers 
of individual detector elements together-that is, the electronic signals generated 
by adjacent detector elements are electronically summed. Multiple detector arrays 
can be used both in conventional axial scanning and in helical scanning protocols. 
In axial scanning (i.e., with no table movement) where, for example, four detec­
tor arrays are used, the width of the two' center detector arrays al.cilost completely 
dictates the thickness of the slices. For the two slices at the edges of th~ ·scan 
(detector arrays 1 and 4 of the four active detector arrays), the inrier side of the 
slice is determined by the edge of the detector, but the outer edge is determined 
either by the collimator penumbra or the outer edge of the detector, depending 
on collimator adjustment (Fig. 13-18). With a multiple detector array scanner in 
helical mode, each detector array contributes to every reconstructed image, and 
therefore the slice sensitivity profile for each detector array needs to be similar to 
reduce artifacts. To accommodate this condition, it is typical to adjust the colli­
mation so chat the focal spot-collimator blade penumbra falls outside the edge 
detectors. This causes the radiation dose to be a bit higher (especially for small 
slice widths) in multislice scanners, but it reduces artifacts by equalizing the slice 
sensitivity profiles between the detector arrays. 
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FIGURE 13-18. A: In a single detector array computed tomography 
(CT) scanner, the width of the CT slice is determined by the collimator. 
With single detector array scanners, the collimator width is always 
smaller than the maximum detector width. B: Multiple detector array 
CT scanners acquire several slices simultaneously (four slices shown 
here), and the x-ray beam collimation determines the outer two edges 
of the acquired slices. Slice thickness is changed in the single detector 
array by mechanically changing the collimator position. Slice thickness 
is determined in the multiple detector array scanner by binning dif­
ferent numbers of detector subunits together and by physically mov­
ing the collimator to the outer edges of all four slices. 
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Detector Pitch and Collimator Pitch 

Pitch is a parameter that comes to play when helical scan protocols are used. In a 
helical CT scanner with one detector array, the pitch is determined by the collima-
tor (collimator pitch) and is defined as: • 

C 11
. . h table movement (mm) per 360-degree rotation of gantry 

o 1mator pttc = 
collimator width (mm) at isocenter 

It is customary in CT to measure the collimator and detector widths at the isoceh-: 
cernf the system. The collimator pitch (Fig. 13~ 19) represents-the craclitional nociorti 
of pitch, before the incroduccion of multiple detector array CT sc;;an □ers. Piech is an 
important component of the scan protocol, and ic fundamentally influences radia~ 
tion dose to the patient, image quality, and scan time. For single detector array scan­
ners, a pitch of 1.0 implies that the number of CT views acquired, when averaged 
over the long axis of che patient, is cor_nparable to the number acquired with con­
tiguous axial CT. A pitch of less than 1.0 involves overscanning, which may result 
in some slight improvement in image quality and a higher radiation dose to the 
patient. CT manufacturers have spend a great deal of developmental effort in opti­
mizing scan protocols for pitches greater than 1.0, and pitches up to 1.5 are com­
monly used. Pitches with values greater than 1.0 imply some degree of partial scan­
ning along the long axis of the patient. The benefit is faster scan time, less patient 
motion, and, in some circumstances, use of a smaller volume of contrast agent. 
Although CT acquisitions around 360 degrees are typical for images of the highest 
fidelity, the minimum requirement to produce an adequate CT image is a scan of 
180 degrees plus the fan angle. With fan angles commonly at about 60 degrees, this 
means chat, at a minimum, (180 + 60)/360, or 0.66, of the full circle is required. 
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FIGURE 13-19. With a single detector array computed tomographic (CT) scanner, 
the collimation width is always narrower than the maximum single detector width. 
A multiple detector array scanner uses collimation that is always wider than a single 
detector array width. Letting T represent the table translation distance during a 
360-degree rotation of the gantry, C would be the collimation width and D would 
be the detector width. Collimator pitch is defined as T/C, and detector width is 
defined by T/D. For a multiple detector array CT scanner with four detector arrays, 
a collimator pitch of 1.0 is equal to a detector pitch of 4.0. 
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This implies that the upper limit on pitch should be about 1/0.66, or 1.5, because 
66% of the data in a LS-pitch scan remains contiguous. 

Scanners that have multiple detector arrays require a different definition of 
pitch. The collimator pitch defined previously is still valid, and collimator pitches 
range between 0.75 and 1.5, as with single detector array scanners. The detector 
pitch (see Fig. 13-19) is also a useful concept for multiple detector array scanners, 
and it is defined as: 

D 
. h _ table movement (mm) per 360-degree rotation of g~t_ry . 

etector p1tc - d , .dth ( . ) , • 
etector w1 .mm •. • 

The need to define detector pitch and collimator pitch arises because beam util.iza.:. 
tion between single and multiple detector array scanners is different. For a multiple 
detector array scanner with N detector _arrays, the collimator pitch is as follows: 

C Ir . h D etector pitch 
o 1mator p1tc = N 

For scanners with four detector arrays, detector pitches running from 3 to 6 are 
used. A detector pitch of 3 for a four-detector array scanner is equivalent to a colli­
mator pitch of 0.75 (3/4), and a detector pitch of 6 corresponds to a collimator 
pitch of 1.5 (6/4). 

13.5 TOMOGRAPHIC RECONSTRUCTION 

Rays and Views: The Sinogram 

The data acquired for one CT slice can be displayed before reconstruction. This 
type of display is called a sinogram (Fig. 13-20). Sinograms are not used for clinical 
purposes, but the concepts that they embody are interesting and relevant to under­
standing tomographic principles. The horizontal axis of the sinogram corresponds 
to the different rays in each projection. For a third-generation scanner, for example, 
the horizontal axis of the sinogram corresponds to the data acquired at one instant 
in time along the length of the detector array. A bad detector in a third-generation 
scanner would show up as a vertical line on the sinogram. The vertical axis in the 
sinogram represents each projection angle. A state-of-the-art CT scanner may 
acquire approximately 1,000 views with 800 rays per view, resulting in a sinogram 
that is 1,000 pixels tall and 800 pixels wide, corresponding to 800,000 data points. 
The number of data points (rays/view X views) acquired by the CT scanner has 
some impact on the final image quality. For example, first- and second-generation 
scanners used 28,800 and 324,000 data points, respectively. A modern 512 x 512 
circular CT image contains about 205,000 image pixels, and therefore the ratio 
between raw data points and image pixels is in the range of about 3.2 to 3.9 
(800,000/205,000 = 3.9). 

The number of rays used to reconstruct a CT image has a profound influ­
ence on the radial component of spatial resolution, and the number of views 
affects the circumferential component of the resolution (Fig. 13-21). CT images 
of a simulated object reconstructed with differing numbers of rays (Fig. 13-22) 
show that reducing the ray sampling results in low-resolution, blurred images. 
CT images of the simulated object reconstructed with differing numbers of views 
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The Sinogram 
The Object 
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FIGURE 13-20. The sinogram is an image of the raw data acquired by a computed tomo-
graphic (CD scanner before reconstruction. Here, the rays are plotted horizontally and the 
views are shown on the vertical axis. The sinogram illustrated corresponds to the circular 
object shown with four circular components. The two views marked A and B on the sino• 
gram correspond to the two views illustrated with the object. During the 360-degree CT 
acquisition of a particular object, the position of the ray corresponding to that object varies 
sinusoidally as a function of the view angle. Objects closer to the edge of the field of view 
produce a sinusoid of high amplitude, and objects closer to the center of rotation have 
reduced sinusoidal amplitude. An object located exactly at the center of rotation of the 
gantry produces a shadow that appears vertical on the sinogram. 
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FIGURE 13-21. Unlike screen-film radi­
ography, where the resolution of the 
image is largely independent of posi­
tion, the spatial resolution in computed 
tomography, because of the reconstruc­
tion process, has both a radial and cir­
cumferential component. The radial 
component is governed primarily by 
the spacing and width of the ray data. 
The ci rcumferential resolution is gov­
erned primarily by the number of views 
used to reconstruct the image. 



348 Section 11: Diagnostic Radiology 

FIGURE 13-22. An image of a test object is shown, reconstructed with 960 views in each image, but 
with the number of rays differing as. indicated. As the number of rays is reduced, the detector aper­
ture was made wider to compensate. With only 32 rays, the detector aperture becomes quite large 
and the image is substantially blurred as a result. 

(Fig. 13-23) show the effect of using too few angular views (view aliasing). The 
sharp edges (high spatial frequencies) of the bar patterns produce radiating arti­
facts that become more apparent near the periphery of the image. The view alias­
ing is mild with 240 views and becomes pronounced with 60 views. The presence 
of high-frequency objects (sharp edges) in the image exacerbates the impact of 
view aliasing. 

FIGURE 13-23. Each of the three images was reconstructed using 512 rays but differing numbers of 
views. In going from 960 to 240 views, a slight degree of view aliasing is seen (center image). When 
only 60 views are used (right image), the view aliasing is significant. The presence of the aliasing 
is exacerbated by objects with sharp edges, such as the line pair phantom in the image. 
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Preprocessing the Data 

The raw data acquired by a CT scanner is preprocessed before reconstruction. 
Numerous preprocessing steps are performed. Electronic detector systems produce 
a digitized data set that is easily processed by the computer. Calibration data deter­
mined from air scans (performed by the technologist or service engineer periodi­
cally) provide correction data that are used to adjust the electr~nic gain of each 
detector in the array. Variation in geometric efficiencies caused by imperfect detec­
tor aligr,ments is also corrected. For exampl'e, in fourth-generation scanners (see Fig. 
13~9), the x-ray source rotares in an arc around each of rhe dececcors in the array. , 
& the angle and the distance between the detector and. rhe x-ray cube 'change o.ver -
this arc, the geometric efficiency ofx-ray detection changes: (Similarly, the intensity 
of sunlight shining on one's palm changes as the wrist is rotated.) These geonietri.c 
efficiencies are measured during calibration scans and stored in the computer; they 
are corrected in the preprocessing steps. 

After the digital data are calibrated, the logarithm of the signal is computed by 
the following equation: 

ln(I0 /I,) = µt 

where I0 is the reference data, I, is the data corresponding to each ray in each view, 
t is the patient's overall thickness (in centimeters) for that ray, and µ is the linear 
attenuation coefficient (in cm-1). Note that the data used to calculate the images is 
linear with respect to the linear attenuation coefficient, µ. The linear attenuation 
coefficient is determined by the composition and density of the tissue inside each 
voxel in the patient. Whereas µ is the total attenuation coefficient for each ray (Fig. 
13-24), it can be broken down into its components in each small path length ~t: 

µt = µ1M + µ2~t + µ3~t + ... + µn~t = ~t[µ1 + µ2 + µ3 + ... + µn] 

~l1 t1 

µ2t2 

µt 

µ3t3 

µ4t4 

µ 5t5 

FIGURE 13-24. The measured value 
of a single ray is equivalent to the 
attenuation path (t) times the linear 
attenuation coefficient (µ). The single 
measurement of µt can be broken up 
into a series of measurements µ,t,, 
µ2t2, ... , µntn, as shown. 
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The constant ~t factors out, resulting in the following: 

µ = µ1 + µ2 + µ3 + •·· + µn 

Therefore, the reconstructed value in each pixel is the linea~ attenuation coefficient 
for the corresponding voxel. 

Interpolation (Helical) 

Helical CT scanning produces a data set in which the x-ray source has tra.veledin 
a helical trajectory around the patient. Present-day CT reconstruction algorichms 
assume that the x-ray source has negotiated a circular, not a helical, path a.round 
che patient. To compensate for these differences in the acqui ition geometry, 
before the actual CT reconstruction the helical data set is interpolared into a 
series of planar image data sets, as illustrated in Fig. 13-25. Although this inter­
polation represents an additional step in the computacion, ir also enables an 
important feature. With conventional axial scanning, che standard is ro acquire 
contiguous images, which abut one another along the cranial-caudal axis of the 
pacienc. With helical scanning, however, CT images can be reconstructed at any 
position along cbe Length of the scan co within (½) (pitch) (slice thickness) of each 
edge of the scanned volume. Helical scanning allows the production of additional 
overlapping images wich no additional dose to the patient. Figure 13-26 illustrates 
the added clinical importance of using interleaved images. The sensitivity of the 
CT image to objects not centered in the voxel is reduced (as quantified by the 
slice sensitivity profile), and therefore subtle lesions, which lay between two con­
tiguous images, may be missed. With helical CT scanning, interleaved recon­
struction allows the placement of additional images along the patient, so char rhe 
clinical examination is almost uniformly sensitive ro subde abnormalities. Inter­
leaved reconstruction adds no additional radiation dose to the patient, but addi­
tional time is required to reconstruct the images. Although an increase in the 

~ reconstruction plane 

slice volume --. { 
,--~,~ data interpolation 

slice thickness 

' i 
i 
! 

helical data 
acquisition path 

FIGURE 13-25. During helical 
acqu isition, the data are 
acquired in a helical path 
around the patient. Before 
reconstruction, the helical data 
are interpolated to the recon­
struction plane of interest. 
Interpolation is essentially a 
weighted average of the data 
from either side of the recon­
struction plane, with slightly 
different weighting factors 
used for each projection angle. 
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interleaved 
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position along CC axis of patient 

FIGURE 13-26. This figure illustrates the value of interleaved reconstruction. The 
nominal slice for contiguous computed tomographic (CT) images is illustrated con­
ceptually as two adjacent rectangles; however, the sensitivity of each CT image is 
actually given by the slice sensitivity profile (solid lines). A lesion that is positioned 
approximately between the two CT images (black circle) produces low contrast (i.e., 
a small difference in CT number between the lesion and the background) because it 
corresponds to low slice sensitivity. With the use of interleaved reconstruction 
(dashed line), the lesion intersects the slice sensitivity profile at a higher position, 
producing higher contrast. 

image count would increase the interpretation time for traditional side-by-side 
image presentation, this concern will ameliorate as more CT studies are read by 
radiologists at computer workstations. 

It is important not to confuse the ability to reconstruct CT images at short 
intervals along the helical data set with the axial resolution itself The slice thickness 
(governed by collimation with single detector array scanners and by the detector 
width in multislice scanners) dictates the actual spatial resolution along the long 
axis of the patient. For example, images with 5-mm slice thickness can be recon­
structed every 1 mm, but this does not mean that 1-mm spatial resolution is 
achieved. It simply means that the images are sampled at 1-mm intervals. To put 
the example in technical terms, the sampling pitch is 1 mm but the sampling aper­
ture is 5 mm. In practice, the use of interleaved reconstruction much beyond a 2: 1 
interleave yields diminishing returns, except for multiplanar reconstruction (MPR) 
or 3D rendering applications. 

Simple Backprojection Reconstruction 

Once the image raw data have been preprocessed, the final step is to use the pla­
nar projection data sets (i.e., the preprocessed sinogram) to reconstruct the indi­
vidual tomographic images. Iterative reconstruction techniques are discussed in 
Chapter 22 and will not be discussed here because they are not used in clinical x­
ray CT. As a basic introduction to the reconstruction process, consider Fig. 13-
27. Assume that a very simple 2 X 2 "image" is known only by the projection val­
ues. Using algebra ("N equations in M unknowns"), one can solve for the image 
values in the simple case of a 4-pixel image. A modern CT image contains approx-
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FIGURE 13-27. The mathematical problem posed by computed tor:nqgraphic (CT) 
reconstruction is to calculate image data (the pixel values-A, B; C, and 'D) from the 
projection values (arrows) . For the simple image of four pixels shown here, algebra 
can be used to solve for the pixel ·values. With the six equations shown, using sub­
stit ution of equations, the solution can be determined as illustrated. For the larger 
images of clinical CT, algebraic solutions become unfeasible, and filtered backpro­
jection methods are used. 

imately 205,000 pixels (the circle within a 512 x 512 matrix) or "unknowns," and 
each of the 800,000 projections represent an individual equation. Solving this 
kind of a problem is beyond simple algebra, and backprojection is the method of 
choice. 

Simple backprojection is a mathematical process, based on trigonometry, which 
is designed to emulate the acquisition process in reverse. Each ray in each view rep-

simple backprojection filtered backprojection 

I = + 
FIGURE 13-28. Simple backprojection is shown on the left; only three views 
are illustrated, but many views are actually used in computed tomography. A 
profile through the circular object, derived from simple backproje<tion, 
shows a characteristic 1/r blurring. With filtered backprojection, the raw pro­
jection data are convolved with a convolution kernel and the resulting pro­
jection data are used in the backprojection process. When this approach is 
used, the profile through the circular object demonstrates the crisp edges of 
the cylinder, which accurately reflects the object being scanned. 
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resents an individual measurement ofµ. In addition to the value ofµ for each ray, 
the reconstruction algorithm also "knows" the acquisition angle and position in the 
detector array corresponding to each ray. Simple backprojection starts with an 
empty image matrix (an image with all pixels set to zero), and theµ value frpm each 
ray in all views is smeared or backprojected onto the image matrix. In other words, 
the value ofµ is added to each pixel in a line through the image corresponding to 
the ray's path. • 

Simple backprojection comes very close to reconstructing the CT image as 
desired. However, a characteristic 1/r blurriiig (see Jacer.discus_sion) is a byprod-, 
uct of simple backprojection. Imagine that a thin wire ~s imaged by a CT scan-­
ner perpendicular co che image plane; chis should ideally result in a small point 
on the image. Rays not running through the wire will contribute little to the 
image(µ= O). The backprojected rays, which do run through the wire, will con­
verge at the position of the wire in the image plane, but these projections run 
from one edge of the reconstruction circle to the other. These projections (i.e., 
lines) will therefore "radiate" geometrically in all directions away from a point 
input. If the image gray scale is measured as a function of distance away from the 
center of the wire, it will gradually diminish with a 1/r dependency, where r is 
the distance away from the point. This phenomenon results in a blurred image 
of the actual object (Fig. 13-28) when simple backprojection is used. A filtering 
step is therefore added to correct this blurring, in a process known as filtered 
backprojection. 

Filtered Backprojection Reconstruction 

In filtered backprojection, the raw view data are mathematically filtered before 
being backprojected onto the image matrix. The filtering step mathematically 
reverses the image blurring, restoring the image to an accurate representation of the 
object that was scanned. The mathematical filtering step involves convolving the 
projection data with a convolution kernel. Many convolution kernels exist, and dif­
ferent kernels are used for varying clinical applications such as soft tissue imaging 
or bone imaging. A typical convolution kernel is shown in Fig. 13-28. The kernel 
refers to the shape of the filter function in the spatial domain, whereas it is com­
mon to perform (and to think of) the filtering step in the frequency domain. Much 
of the nomenclature concerning filtered backprojection involves an understanding 
of the frequency domain (which was discussed in Chapter 10). The Fourier trans­
form (FT) is used to convert a function expressed in the spatial domain (millime­
ters) into the spatial frequency domain (cycles per millimeter, sometimes expressed 
as mm-1); the inverse Fourier transform (FT-1) is used to convert back. Convolu­
tion is an integral calculus operation and is represented by the symbol®. Let p(x) 
represent projection data (in the spatial domain) at a given angle (p(x) is just one 
horizontal line from a sinogram; see Fig. 13-20), and let k(x) represent the spatial 
domain kernel as shown in Fig. 13-28. The filtered data in the spatial domain, 
p' (x), is computed as follows: 

p' (x) = p(x) ® k(x) 

The difference between filtered backprojection and simple backprojection is 
the mathematical filtering operation (convolution) shown in this equation above. In 
filtered backprojection, p' (x) is backprojected onto the image matrix, whereas in 
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simple backprojection, p(x) is backprojected. The equation can also be performed, 
quite exactly, in the frequency domain: 

p'(x) = FT-1{FT[p(x)] x K(f)} 

where K(f) = FT[k(x)], the kernel in the frequency domain. This equation states 
that the convolution operation can be performed by Fourier transforming the pro­
jection data, multiplying (not convolving) this by the frequency domain kernel 
(K(f)), and then applying the inverse Fourier transform on that product to get the .. 
filtered data, ready to be backprojected. • • 

Various convolution filters can be used to emphasize different characi:eriscics in 
the CT image. Several filters, shown in the frequency domain , are illustrated in Fig. 
13-29, along with the reconstructed CT images they produced. The Lak filter, 
named for Dr. Lakshminarayanan, increases the amplitude linearly as a function of 
frequency and is also called a ramp filter. The 1/r blurring function in the spatial 
domain becomes a 1/f blurring function in the frequency domain; therefore, mul­
tiplying by the Lak filter, where L(f) = f, exactly compensates the unwanted 1/f 
blurring, because 1/f X f = 1, at all f. This filter works well when there is no noise 

Lak Shepp-Logan Hamming 

(I) (I) 
"O "O 

~ ~ 
ci 0. 
E E 
<( <( 

Frequency Frequency Frequency 

FIGURE 13-29. Three computed tomography (CT) reconstruction filters are 
il lustrated. The plot of the reconst ruction f ilter is shown below, with the image 
it produced above. (A) The Lak is the ideal reconstruction filter in the absence 
of noise. However, with the quantum noise characteristic in x-ray imaging 
includ ing CT, the high-frequency components of the noise are amplified and 
the reconstructed image is consequently very noisy. (B) The Shepp-Logan filter 
is similar to the Lak filter, but roll-off occurs at the higher frequencies. This fil­
ter produces an image that is a good compromise between noise and resolu­
tion. (C) The Hamming filter has extreme high frequency roll-off. 
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in the data, but in x-ray images there is always x-ray quantum noise, which tends to 
be more noticeable in the higher frequencies. The Lak filter, as shown in Fig. 13-
29A, produces a very noisy CT image. The Shepp-Logan filter in Fig. 13-29B is 
similar to the Lak filter but incorporates some roll-off at higher frequencies, and this 
reduction in amplification at the higher frequencies has a profound influence in 
terms of reducing high-frequency noise in the final CT image. The Hamming fil­
ter (see Fig. 13-29C) has an even more pronounced high-frequency roll-off, with 
better high-frequency noise suppression. 

Bone Kernels and Soft Tissue Kernels 

The reconstruction filters derived by Lakshminarayanan, Shepp and Logan, and 
Hamming provide the mathematical basis for CT reconstruction filters. In clinical 
CT scanners, the filters have more straightforward names, and terms such as "bone 
filter" and "soft tissue filter" are common among CT manufacturers. The term ker­
nel is also used. Bone kernels have less high-frequency roll-off and hence accentu­
ate higher frequencies in the image at the expense of increased noise. CT images of 
bones typically have very high contrast (high signal), so the SNR is inherently quite 
good. Therefore, these images can afford a slight decrease in SNR ratio in return for 
sharper detail in the bone regions of the image. 

For clinical applications in which high spatial resolution is less important 
than high contrast resolution-for example, in scanning for metastatic disease in 
the liver-soft tissue reconstruction filters are used. These kernels have more roll­
off at higher frequencies and therefore produce images with reduced noise but 
lower spatial resolution. The resolution of the images is characterized by the mod­
ulation transfer function (MTF); this is discussed in detail in Chapter 10. Figure 
13-30 demonstrates two MTFs for state-of-the-art CT scanners. The high-reso­
lution MTF corresponds to use of the bone filter at small FOV, and the standard 
resolution corresponds to images produced with the soft tissue filter at larger 
FOY. 
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FIGURE 13-30. The modulation trans­
fer function (MTF) for standard and 
high-resolution clinical computed 
tomographic scanners are shown. The 
standard MTF is for a large field of 
view and a soft tissue reconstruction 
filter. The high-resolution MTF corre­
sponds to a small field of view and a 
bone reconstruction filter. 
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The units for the x-axis in Fig. 13-30 are in cycles per millimeter, and the cut­
off frequency is approximately 1.0 cycles/mm. This cutoff frequency is similar to 
that of fluoroscopy, and it is five to seven times lower than in general projection _ 
radiography. CT manufacturers have adapted the unit cycle/cm-for example, 1.2 
cycles/mm= 12 cycles/cm. 

CT Numbers or Hounsfield-:Units 

After CT reconstruction, each pixel rn th~ image is represented by <\ high~precision . 
floating point number that is useful for computation but less useful for displaf 
Most computer display hardware makes use of integer images. Conseqµently, after 
CT reconstruction, but before storing and displaying, CT images are normalized 
and truncated to integer values. The number CT(x,y) in each pixel, (x,y), of the 
image is converted using the following expression:_ 

CT(x,y) = 1,000 µ(x,y) - µwm,r 

µwater 

where µ(x,y) is the floating point number of the (x,y) pixel before conversion, µwater 
is the attenuation coefficient of water, and CT(x,y) is the CT number (or 
Hounsfield unit) that ends up in the final clinical CT image. The value of µwa,er is 
about 0.195 for the x-ray beam energies typically used in CT scanning. This nor­
malization results in CT numbers ranging from about -1,000 to +3,000, where 
-1,000 corresponds to air, soft tissues range from -300 to -100, water is 0, and 
dense bone and areas filled with contrast agent range up to +3,000. 

What do CT numbers correspond to physically in the patient? CT images are 
produced with a highly filtered, high-kV x-ray beam, with an average energy of 
about 75 keV. At this energy in muscle tissue, about 91% ofx-ray interactions are 
Compton scatter. For fat and bone, Compton scattering interactions are 94% and 
74%, respectively. Therefore, CT numbers and hence CT images derive their con­
trast mainly from the physical properties of tissue that influence Compton scatter. 
Density (g/cm3) is a very important discriminating property of tissue (especially in 
lung tissue, bone, and fat), and the linear attenuation coefficient, µ, tracks linearly 
with density. Other than physical density, the Compton scatter cross section 
depends on the electron density (pe) in tissue: Pe = NZ/A, where N is Avogadro's 
number (6.023 X 1023, a constant), Z is the atomic number, and A is the atomic 
mass of the tissue. The main constituents of soft tissue are hydrogen (Z = l, A= 1), 
carbon (Z = 6, A= 12), nitrogen (Z = 7, A= 14), and oxygen (Z = 8, A= 16). Car­
bon, nitrogen, and oxygen all have the same ZIA ratio of 0.5, so their electron den­
sities are the same. Because the Z/ A ratio for hydrogen is 1.0, the relative abundance 
of hydrogen in a tissue has some influence on CT number. Hydrogenous tissue such 
as fat is well visualized on CT. Nevertheless, density (g/cm3) plays the dominant role 
in forming contrast in medical CT. 

CT numbers are quantitative, and this property leads to more accurate diagno­
sis in some clinical settings. For example, pulmonary nodules that are calcified are 
typically benign, and the amount of calcification can be determined from the CT 
image based on the mean CT number of the nodule. Measuring the CT number of 
a single pulmonary nodule is therefore common practice, and it is an important 
part of the diagnostic work-up. CT scanners measure bone density with good accu­
racy, and when phantoms are placed in the scan field along with the patient, quan-
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titative CT techniques can be used to estimate bone density, which is useful in 
assessing fracture risk. CT is also quantitative in ter,ms of linear dimensions, and 
therefore it can be used to accurately assess tumor volume or lesion diameter. 

Computed Tomographic Fluoroscopy Reconstruction· 

In CT fluoroscopy, the scanner provides pseudo-r~aJ time tomographic images chat. 
a:re most commonly used for guidance during·biopsies. q fluoroscopy is s.imilar to _ 

conventional CT, with a few added technologjc nuances. Like -conventio.nal fluo­
roscopy, CT fluoroscopy provides an image sequen!'.:e over 'the same region of tissue, 
and therefore the radiation dose from· repetitive exposure to that tissue is a concern. 
To address this problem, CT scanners are capable of a CT fluoroscopic mode chat 
uses a low milliampere setting, typically 20 to 50 mA, whereas 150 to 400 mA is 
typical for conventional CT imaging. 

To provide real-time CT images, special computer hardware is required. Each 
fluoroscopic CT frame in an imaging sequence is not unique from the preceding 
CT frame. For ex.ample, to achieve 6 CT images per second with a 1-second gantry 
rotacion, the angle scanned during each frame rime of 1/6 second is 60 degrees (360 
degrees/ 6 =: 60 degrees). For CT reconstruction using a full 360-degree projection 
sec, each CT fluoroscopic image uses 17% (1/6) new information ahd 83% (5/6) 
old information (Fig. 13-31). The image acquisition time is still 1 second in this 
example, buc the image is updated 6 times per second. This clever approach pro­
vides increased temporal resolution given the physical constraints of backprojection 
algorithms and the hardware constrainrs of currem technology. 

The full data set for each CT fluoroscopic image is nor completely re-recon­
structed during each frame interval. Using cbe example of 6 frames per second, after 
l second of operation, consider what occurs in the next 1/6 second (167 msec): The 
:canner completes a 60-degree arc, and the projection data acquired during that 167 

sub-frames 

frames 

FIGURE 13-31. Data handling in 
computed tomographic fluo­
roscopy is Illustrated, here using 
the example of acquisition at 6 
frames per second and a 1-sec­
ond gantry rotation time. During 
each 1/6 second, the CT scanner 
acquires 60 degrees of projection 
data. Each of these subframes 
can be filtered and backpro­
jected as shown. A full-frame 
image is produced by adding six 
subframes together. Six CT 
frames are produced each sec­
ond; however, each CT image 
corresponds to a scan time of 1 
second. For each subsequent CT 
frame, the newest subframe and 
the five previous subframes are 
- ..JJ .. .. , 
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msec is preprocessed, mathematically filtered, and backprojected to create a CT 
subframe. This new CT subframe (an image) is added (pixel by pixel) to the five 
previous subframes, creating a complete CT frame ready for display. Therefore, 
every 167 msec, a new subframe is created and an old subframe i~ discarded, so that 
the most recent six subframes are summed to produce the displayed CT frame. 
Although 6 frames per second was used in this example, higher frame rates are clin­
ically available. 

13.6 DIGITAL IMAGE DISPLAY 

Once the CT images from a patient's examination have been reconstructed, the 
image data must be conveyed to the physician for review and diagnosis. There are 
some basic postprocessing techniques that are applied to all CT images (i..e., win­
dowing and leveling). For CT studies that have contiguous or interleaving images 
over a length of the patient, the volume data set lends itself to other forms of post­
processrng. 

Windowing and Leveling 

CT images typically possess 12 bits of gray scale, for a total of 4,096 shades of gray 
(CT numbers range from -1,000 to +3,095). Electronic display devices such as 
computer monitors have the ability to display about 8 bits (256 shades of gray), and 
laser imagers used for "filming" CT studies have about 8 bits of display fidelity as 
well. The human eye has incredible dynamic range for adapting to absolute light 
intensities, from moonless nights to desert sunshine. Much of this dynamic range is 
a result of the eye's ability to modulate the diameter of the light-collecting aperture 
(the pupil). However, for resolving relative differences in gray scale at fixed lumi­
nance levels (fixed pupil diameter), as in viewing medical images, the human eye 
has limited ability (30 to 90 shades of gray), and 6 to 8 bits is considered sufficient 
for image display. 

The 12-bit CT images must be reduced to 8 bits to accommodate most image 
display hardware. The most common way to perform this postprocessing task 
(which nondestructively adjusts the image contrast and brightness), is to window 
and level the CT image (Fig. 13-32). The window width (W) determines the con­
trast of the image, with narrower windows resulting in greater contrast. The level 
(L) is the CT number at the center of the window. Selection of the values of L and 
W determines the inflection points P1 and P2, as shown in Fig. 13-32, where P1 = 

L - ½Wand P2 = L + t/2W All the CT numbers lower than P1 will be saturated to 
uniform black, and all the CT numbers above P2 will be saturated to uniform white, 
and in these saturated areas all image information is lost. It is routine to display CT 
images using several (two or three) different window and level settings for each 
image. 

Multiplanar Reconstruction 

A stack of axial CT images represents anatomic information in three dimensions; 
however, the axial display is the most common. For studying anatomic features that 
run along the cranial-caudal dimension of the body, such as the aorta or spinal cord, 
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FIGURE 13-32. The concept of how the window and level values are used to manipulate the con­
trast of the CT image is Illustrated. The level is the CT number corresponding to the center of the 
window. A narrow window produces a very high contrast image, corresponding to a large slope on 
the figure. CT numbers below the window (lower than P,) will be displayed on the image as black; 
CT numbers above the window (higher than P2) will be displayed as white. Only CT numbers 
between P, and P2 will be displayed in a meaningful manner. The thoracic CT images (top) illustrate 
the dramatic effect of changing the window and level settings. 

it is sometimes convenienc to recompute CT images for display in the sagittal or 
coronal projections. This is a straightforward technique (Fig. 13-33), and is simply 
a reformatting of the image data char already exists. Some MPR software packages 
allow the operator to select a curved reconstruction plane for sagittal or coronal dis­
play, to follow the anatomic structure of interest. The spatial resolution of the sagit­
ral or coronal CT images is typically redlllced, compared with the axial views. The 
in-plane pixel dimensions approximate che x-y axis resolution, but the slice thick­
ness limits the z-axis resolution. Sagictal and coronal MPR images combine the x or 
y dimensions of the CT image wich image data along the z-axis, and therefore a mis­
match in spacial sampling and resolmion occurs. The MPR software compensates 
for che samnlirnr mism:urh hv inrprnnl!>Tlf"\n Cl"\ .-h., .. ,-hp T\A"PO ;,_,~~00 ~-:-~-:-
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coronal 

axlal 

sagittal MPR axial CT scan 

FIGURE 13-33. The coronal, sagittal, and axial projections are illus­
trated for reference. Both computed tomographic (CT) scans are pro­
duced as axial images, and within the image the pixel-to-pixel spacing is 
small (perhaps 0.5 mm, as a very general number). Coronal or sagittal 
multiplanar reconstructions (MPRs) can be produced from a series of 
axial CT scans. For instance, in a sagittal MPR image (bottom left), the 
vertical pixel spacing (l!.y) is equivalent to the spacing of the pixels on 
the axial image. The horizontal spacing (6)() corresponds to the distance 
between the reconstructed images. Because l!.y is usually much smaller 
than l!.x, it ls common to interpolate image data in the horizontal 
dimension to produce square pixels. For MPR when helical acquisition 
was used, It is advantageous to reconstruct the images with a significant 
degree of interleave. 

proper aspecc ratio (pixel height equals pixel width). However, che system cannot 
improve the resolution in the z dimension, so _MPR images appear a bit blurry along 
chis axis. If it is known before the CT study that MPR images are co be compuced, 
the use of a protocol with thinner CT slices (down to 1 mm) to improve z-axis res­
olution is warranted. 

Three-Dimensional Image Display 

Most radiologists are sufficiently facile at viewing series of 2D images to garner a 
3D understanding of the patient's anatomy and pathology. In some cases, however, 
referring physicians prefer to see the CT image data presented in a pseudo-3D man­
ner. Examples would include planning for craniofacial surgery, aortic stent grafting, 
or radiation treatment. There are two general classes of volume reconstruction tech­
niques: volume rendering techniques and reprojection techniques (Fig. 13-34). 

Volume rendering of CT images requires segmentation, the identification (by 
computer alone or with the aid of human intervention) of specific target structures 
on the 2D image series, before 3D rendering. Segmentation is easiest to perform 
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FIGURE 13-34. A volume-rendered image and maximum intensity projection (MIP) image of the 
aorta and renal arteries are illustrated. Volume-rendered images use surface shading techniques to 
produce the appearance of a three-dimensional image. The MIP display is similar to a projection 
radiograph of the volume data set. (Images courtesy of Rick Labonte.) 

automatically when there is a large difference in CT number between the target 
structures and adjacent anatomy (e.g., between bone and soft tissue). The simplest 
segmentation algorithms allow the user to select a CT number, and the algorithm 
then assumes that the target structure occupies all pixels with CT numbers greater 
than the threshold value. Segmentation of the CT data set essentially converts the 
images to one-bit representations: a "0" if the target structure is not in the pixel and 
a "l" if it is. Once the target structures (e.g., the facial bones) have been accurately 
segmented, a computer program then calculates ("renders") the theoretical appear­
ance of the structure from a specified angle. The software calculates a number of 
surfaces from the segmented data set, and this process is sometimes call surface ren­
dering. Surfaces closest to the viewer obscure surfaces at greater depth. Depending 
on the sophistication of the software, single or multiple light sources may be fac­
tored into the computation to give the appearance of surface shading, color may be 
added to identify different target structures (i.e., green tumor, white bones, pink 
spinal cord), and so on. Volume rendering has reached spectacular technologic 
sophistication in the movie industry, with Jurassic Park being the classic example. 
Medical imaging software has and will continue to benefit from nonmedical ren­
dering advancements, but it will never meet the same degree of success because of 
the SNR limitations in the data set. The dinosaurs in Jurassic Park were calculated 
from sophisticated mathematical models with perfect SNR, whereas rendering of 
cranial-facial bones requires a clinical CT data set with imperfect SNR. 

Because of SNR limitations in CT imaging, in some studies segmentation, 
which is required for volume rendering, can be a time-consuming task requiring 
substantial human intervention, reducing the appeal of this approach. To address 
this problem, reprojection techniques that do not require segmentation have been 
developed for the display of volume data. From a specified viewing angle, images 
are computed from the CT volume data set which are similar geometrically to radi­
ographic projection images. Reprojection techniques simply use ray-tracing soft-
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ware through the volume data set, from the specified viewing angle. The software 
can display the normalized sum of the CT numbers from all the voxels through 
which each ray passed. More commonly, the maximum CT number that each ray 
encounters is displayed, and this mode is called maximum intensity projection (MIP). 
MIP displays are perhaps not as "three-dimensional" as volume-rendered images, 
but they can be generated quite reproducibly and completely automatically. To aug­
ment the 3D appearance of MIP images, often a series of such images are produced 
at different viewing angles, and a shore movie sequence is generated. For example, 
a sequence rotating the cervical spine in real time c·ould be d.isplay~d. Th¢ spa:i:iai~· 
temporal cues from the real-time display 

0

of these movies . can be quite revealip.g;­
especially for complicated structures. 

Stack Mode Viewing 

Many radiology departments are moving to a film.less environment, in which the 
actual diagnostic interpretation is performed by a radiologist who sits at a computer 
workstation and views soft copy images. One approach is to try to emulate the film 
alternator to the extent possible, with perhaps four or even six high-resolution mon­
itors clustered together to display the entire CT data set simultaneously. Although 
this approach seeks to emulate an environment with which most radiologists are 
familiar, four- or six-monitor workstations are expensive and bulky, and this 
approach is not designed to cake advantage of a key attribute of soft copy display­
the computer. 

An alternative approach is to simplify the computer hardware, to perhaps two 
high-resolution monitors, and allow the computer to do the work of the radiolo­
gist's neck. In stack mode, a single CT image is displayed and the radiologist selects 
the image in the study, which is displayed by moving the computer mouse. Often 
the scout view is presented next co the CT image, with the current image location 
highlighted. It is possible to simultaneously display two CT images at the same cut 
plane, such as precontrast and postcontrast images, images at different window and 
level settings, or images from the previous and the current CT examinations. Cer­
tainly many permutations of stack mode display exist, but the essential advantage 
of this approach is that it is interactive: The radiologist interacts with the computer 
in real time to visualize the image data as he or she interprets the case, following 
diagnostic dues from slice to slice. As one clinical example of the benefits of stack 
mode viewing, a common task in CT is to follow arteries from image to image. On 
an alternator-like, noninteractive display, the viewer must relocate the vessel spa­
tially, shifting the gaze from image to image. In stack mode display, the viewer's eyes 
are fixed on the vessel while the various images are displayed under mouse control, 
allowing the viewer's gaze to follow the vessel as it changes position slightly from 
image to image. 

13.7 RADIATION DOSE 

Different x-ray modalities address radiation dose in different ways. For example, in 
chest radiography it is the entrance exposure (not the dose) that is the commonly 
quoted comparison figure. In mammography, the average glandular dose is the stan­
dard measure of dose. The distribution of radiation dose in CT is markedly differ-
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ent than in radiography, because of the unique way in which radiation dose is 
deposited. There are three aspects of radiation dose in CT that are unique in com­
parison to x-ray projection imaging. First, because a single CT image is acquired in 
a highly collimated manner, the volume of tissue that is irradiated by the_primary 
x-ray beam is substantially smaller compared with, for example, the average chest 
radiograph. Second, the volume of tissue that is irradiated in CT is exposed to the 
x-ray beam from almost all angles during the rotational acquisition, and this more 
evenly distributes the radiation dose to the tissues iri the beam. In radiography, the 
tissue irradiated by the entrance beam experiences expone.p.tially rriore dose than the, 
tissue near the exit surface of the patient. Finally, CT acquisition requires a high 
SNR to achieve high contrast resolution, and therefore 'the radiation dose to the 
slice volume is higher because the techniques used (kV and mAs) are higher. As a 
rough comparison, a typical PA chest radiograph may be acquired with the use of 
120 kV and 5 mAs, whereas a thoracic CT image is typically acquired at 120 kV 
and 200 mAs. 

Dose Measurement 

Compton scattering is the principal interaction mechanism in CT, so the radiation 
dose attributable to scattered radiation is considerable, and it can be higher than the 
radiation dose from the primary beam. Scattered radiation is not confined to the 
collimated beam profile as primary x-rays are, and therefore the acquisition of a CT 
slice delivers a considerable dose from scatter to adjacent tissues, outside the pri­
mary beam. Furthermore, most CT protocols call for the acquisition of a series of 
near-contiguous CT slices over the tissue volume under examination. Take, for 
example, a protocol in which ten 10-mm CT slices are acquired in the abdomen. 
The tissue in slice 5 will receive both primary and scattered radiation from its acqui­
sition, but it will also receive the scattered radiation dose from slices 4 and 6, and 
to a lesser extent from slices 3 and 7, and so on (Fig. 13-35). 

The multiple scan average dose (MSAD) is the standard for determining radia­
tion dose in CT. The MSAD is the do~e to tissue that includes the dose attributable 
to scattered radiation emanaring from all adjacent slices. The MSAD is defined as 
the average dose, at a particular depth from the surface, resulting fr~m a large series 
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FIGURE 13-35. The radiation 
dose to the patient is shown as a 
function of position in the torso 
along the cranial-caudal dimen­
sion. The dose profile for a one 
10-mm slice is shown on the left, 
and the dose profile for ten con­
tiguous 10-mm slices is shown 
on the right. The contribution 
(height) of the dose profile from 
the primary component is the 
same. However, with a number 
of adjacent slices, the scattered 
radiation tails build up and 
increase the total dose in each 
CT slice. 
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of CT slices. The MSAD could be measured directly by placing a small exposure 
meter at a point in a dose phantom, taking a large series of CT scans of the phan­
tom with the meter in the middle of the slices, and adding the doses from all slices. 

An estimate of the MSAD can be accomplished with a single scan by measur­
ing the CT dose index (CTDI). It can be shown that that the CTDI provides a good 
approximation to the MSAD when the slices are conciguous. The CTDI measure­
ment prococol seeks co measure the scattered radiation dose from adjacent CT slices 
in a practical manner. The CTDI is defined by the U.S. Food and_Drug Agency (21 
CFR § I 1020.33) as the radiation dose to any poiz1t in the patient i_ndudrng the 
scattered radiation contribution from 7 CT 'slices in both directions, _'for ,1 total qf 
14 slices. In this text, this definition is referred to as the CTDlFoA, One method to 
measure the CTDlFoA is with zn:~y small thermoluminescent dosimeters (TLOs) 
placed in holes along 14-slice-thickness increments in a Lucite dose phantom. 
(TLDs are discussed in Chapters 20 and 23.) A single CT image is acquired at the 
center of the rod containing the TLDs, and the CTDlFoA is determined from this 
single CT scan by summing the TLD dose measurements. 

Medical physicists usually measure the CTDI with the use of a long (100 mm), 
thin pencil ionization chamber. The pencil chamber is long enough to span the 
width of 14 contiguous 7-mm CT scans and provides a good estimation of the 
CTDlFoA for 7- and 8-mm slices. A single CT image is acquired at the center of the 
pencil chamber, and the CTDI is determined from this single CT scan. To calcu­
late the CTDI, all of the energy deposition along the length of the ion chamber is 
assigned to the thickness of the CT slice: 

CTDI = fX/T x L 

where X is the measured air kerma (mGy) or exposure (R) to the pencil ion cham­
ber, f is an air-kerma-to-dose (mGy/mGy) or exposure-to-dose (mGy/R or rad/R) 
conversion factor, Lis the length of the pencil ion chamber (i.e., 100 mm), and T 
is the slice thickness (mm). It can be shown that this method is mathematically 
equivalent to using a small exposure meter and acquiring all 14 CT scans. The 100-
mm pencil ion chamber cannot be used to measure the CTDlFoA for slice thick­
nesses other than 7 mm. However, it is commonly used for all slice thicknesses, and 
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FIGURE 13-36. A diagram of 
a Lucite phantom, commonly 
used to determine dose in 
computed tomography (CT), 
is shown. The Lucite cylinder 
has holes drilled out for the 
placement of the CT pencil 
chamber. Lucite rods are used 
to plug in all remaining 
holes. A CT scan is acquired 
at the center of the cylinder; 
and dose measurements are 
made. 
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TABLE 13-1. TYPICAL COMPUTED TOMOGRAPHY DOSE INDEX DETERMINED 
DOSES AT 100 MAS TUBE CURRENT (AVERAGED FROM FOUR 
MANUFACTURERS DATA) 

Peak Kilovoltage (kVp) Head (16 cm diameter, mGy) Body (32 cm diameter (mGy)) 

80 6.4 1.5 
100 12.3 3.5 
120 17:1 6.4 
140 23.4 7.~ 

these measurements are referred to as rhe CTDirno. The CTDIFoA significantly 
underestimates the MSAD for small slice thicknesses (e.g., 2 mm), betau.se a sig­
nificant amount of radiation is scattered b_eyond seven slice thicknesses. The 
CTDI100 provides much better estimate of the MSAD for chin slices. 

There are two standard phantoms char are commercially available for measur­
ing the dose in CT. A 16-cm:-diamecer Lucite cylinder is used co simulate adult 
heads and pediatric torsos, and a 32-cm-diameter cylinder is used to simulate che 
adult abdomen (Fig. 13-36). Holes are drilled parallel co the long ax.is of the cylin­
der co allow the placement of the pencil chamber ar different positions in the phan­
tom. Lucite rods are used co plug the holes not occupied by the pencil chamber. The 
CTDI and MSAD are usually measured both at the center of each phantom and ac 
l cm from the phantom's surface. The pencil ionization chamber measures air 
kerma, not dose directly, and the physicist converts chis measuremeor co radiation 
dose (discussed in Chapter 3) specific to the x-ray beam ene(gy and phantom mate­
rial used. The CTDI and MSAD are typically expressed as dose to Lucite. For 
Lucite phantoms in typical CT beams, the conversion factor is approximately 0.893 
mGy/mGy (air kerrna), or 0.78 rad/roentgen. The dose to soft tissue is about 20% 
larger than the dose to Lucite. Ic is important to keep in mind that radiation dose 
in CT is proportional co the mAs used per slice. At the same kV, doubling of the 
mAs doubles the dose, and halving che mAs halves che dose. Some typical CTDis 
_are listed in Table 13-1. 

Dose Considerations in Helical Scanning 

Hdical scanning wich a collimator pitch of 1.0 is physically similar to performing a 
conventional (nonhelical) axial scan with contiguous slices. For CT scanners with 
multiple detector arrays, the collimator pitch (nor the detector pitch) should be 
used for dose calculations. The dose in helical CT .is calculated in exactly the same 
manner as it is with axial CT, using the CTDI discussed in the previous section; 
however a correction factor is needed when che pitch is nor 1.0: 

Dose (helical) = Dose (axial) X C Him 
1 

. h 
o acor p1rc 

For example, with a collimator pitch of 1.5, the dose from helical scanning is 
67% that of the dose from conventional scanning, and a collimator pitch of 0.75 
corresponds to a helical dose that is 133% of the axial dose (i.e., 33% greater), 
assuming the same mAs was used (Fig. 13-37). It is important to keep in mind, as 
mentioned earlier, chat the dose changes linearly with the mAs of the study. Because 
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FIGURE 13-37. D9se profiles fqr three different collimator pitches are illustrated. A 
pitch of 1.0 corresponds to a dose profile very similar to that of an axia l scan . For 
the same mAs and kV, a (collimator) pitch of 0.75 results in 33% more dose and a· 
pitch of 1.5 corresponds to 66% less dose, compared with a pitch of 1.0. The primary, 
scatter, and total dose components are shown. 

helical scans often use less mAs per 360-degree gantry rotation than axial scans do, 
the mAs should be factored into the calculation if it differs from the mAs used to 
measure the CTDI. 

Dose in Computed Tomographic Fluoroscopy 

Unlike most other CT studies, CT fluoroscopy involves repeated scanning of the 
same volume of tissue. In order to reduce the dosi:: for these procedures, the mA 
used for CT fluoroscopic procedures is substantially reduced compared with that 
used for a regular CT scan. A CT fluoroscopic procedure using 20 mAs per gantry 
rotation results in a dose that is ten times less than that of a conventional CT scan 
taken at 200 mAs. The challenge to the radiologist is to perform the procedure, typ­
ically a biopsy, using as few seconds of CT fluoroscopy as possible. The dose calcu­
lation is straightforward: 

Time X Current 
Dose (fluoro) = CTDI dose X - ------ ---

mAs of CTDI measuremenr 

where time is given in seconds and the current (of the CT fluoroscopic examina­
tion) in mA. In the example, if 20 seconds of CT fluoroscopy is used at 20 mA and 
the CTDI (measured at the same kV) was 32 mGy for a 200-mAs study, then the 
dose would be 32 mGy X (20 sec X 20 mA)/200 mAs, or 64 mGy. 

Current Modulation in Computed Tomography 

Several CT manufacturers have introduced scanners chat are capable of modulacing 
che mA during the scan. In axial cross section, the typical human body is wider than 
ic is chick. The mA modulation technique capicalizes on chis fact. The rationale 
behind chis technique is that it cakes fewer x-ray phocons (lower mA) co penetrate 
chinner tissue, and more x-ray photons (higher mA) are needed to penetrate thicker 
projections through the body. The S R in the final image is relared co the number 
of x-rays thac pass th.rough the parienc and are dececced. However, because of rhe 
way in which the filtered backprojection technique combines data from all views, 
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the high SNR detected in the chinner angular projeccions is essentially wasted, 
because the noise levels from the thicker angular projeccions dominate in che final 
image. Therefore, a reduction in patient dose can be achieved with little loss in 
image quality by reducing the mA during acquisition through the chinner cissue 
projections. The ocher benefit of this technique is chat because the mA is reduced 
per gantry rocarion, x-ray cube loading is reduced and helical scans can be per­
formed for longer periods and with greater physical coverage. The mA modulation 
technique uses the angular-dependent signal levels (of the detecrors) from the fuse 

·f~w rotations of the gantry during acquisition (helical and axial) to modul~te the 
rrtA during subsequent gantry rotations. • 

13.8 IMAGE QUALITY 

Compared with x-ray radiography, CT has significantly worse spatial resolution and 
significantly better contrast resolution. The MTF, the fundamental measurement of 
spacial resolucion, was shown in Fig. 13-30 for a typical CT·scanner; it should be 
compared with the typical MTF for radiography, discus ed in Chapter 10. Whereas 
the limiting spatial frequency for screen-film radiography is about 7 line pairs (Ip) 
per millimeter and for digital radiography ic is 5 Ip/mm, the limiting spacial fre­
quency for CT is approximately l lp/mm. 

lt is the contrast resolution of CT chat distinguishes che modality: CT has, 
by far, che best contrast resolution of any clinical x-ray modality. Contrast reso­
lution refers co the ability of an imaging procedure co reliably depict very subtle 
differences in concrasc. It is generally accepted chat the contrast resolution of 
screen-film radiography is approximately 5%, whereas CT demonstrates contrast 
resolution of about 0.5%. A classic clinical example in which the conrrasr resolu­
tion capability of CT excels is distinguishing subtle soft tissue tumors: The dif­
ference in CT number berween the tumor and the surrounding tissue may be 
small (e.g., 20 CT numbers), but because che noise in the CT numbers is smaller 
(e.g., 3 CT numbers), the tumor is visible on the display to the trained human 
observer. As is apparent from this example, contrast resolution is fundamenrally 
ried ro che SNR The SNR is also very much related co the number of x-ray 
quanta used per pixel in rhe image. If one attempts co reduce the pixel size (and 
thereby increase spacial resolution) and the dose levels are kept the same, rhe 
number of x-rays per pixel is reduced. For example, for the same FOV and dose, 
changing to a 1,024 X 1,024 CT image from a 512 X 512 image would result in 
fewer x-ray phorons passing through each voxel, and therefore the SNR per pixel 
would drop. Ir should be dear from chis example chat there is a compromise 
between spacial resolution and contrast resolution. In CT there is a wel!-escab­
lished relationship among SNR, pixel dimensions (t-,.), slice thickness (T), and 
radiation dose (D): 

SNR2 

Doc t-,.3T 

The clinical utility of any modality lies in its spacial and contrast resolution. In 
this chapter, many of the factors chat affect spacial and contrast resolution of CT 
have been discussed. Below is a summary of the various factors affecting spatial and 
contrast resolution in CT. 
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Factors Affecting Spatial Resolution 

Detector pitch: The detector pitch is the center-to-center spacing of the detec­
tors along the array. For third-generation scanners, the detector pitch determines 
the ray spacing; for fourth-generation scanners, the detector pitch influences the 
view sampling. 

Detector aperture: The detector aperture is the width of the active element of 
one detector. The use of smaller detectors increases the cutoff (Nyquist) frequency 
of the image, and it improves spatial resolution at all frequencies. 

Number of views: The number of views influences the ability of i:~e _CT image 
to convey the higher spatial frequencies in the imagi;: without artifacts (see Fig. 13-
23). Use of too few views results in view aliasing, which is most noticeable toward 
the periphery of the image. . -

Number of rays: The number of rays used to produce a CT image over the same 
FOV has a strong influence on sparial resolution (see Fig. 13-22). For a fixed FOV, 
the number of rays increases as the detector pitch decreases. 

Focal spot size: As in any x-ray imaging procedure, larger focal spots cause more 
geometric unsharpness in the detected image and reduce spatial resolution. The 
influence of focal spot size is very much related to the magnification of an object to 
be resolved. 

Object magnification: Increased magnification amplifies the blurring of the 
focal spot. Because of the need to scan completely around the patient in a fixed- · 
diameter gantry, the magnification factors experienced in CT are higher than in 
radiography. Magnification factors of 2.0 are common, and they can reach 2.7 for 
the entrant surfaces of large patients. 

Slice thickness: The slice thickness is equivalent to the detector aperture in the 
cranial-caudal axis. Large slice thicknesses clearly reduce spatial resolution in the 
cranial-caudal axis, but they also reduce sharpness of the edges of structures in the 
transaxial image. If a linear, high-contrast object such as a contrast-filled vessel runs 
perfectly perpendicular to the transaxial plane, it will exhibit sharp edges regardless 
of slice thickness. However, if it traverses through the patient at an angle, its edges 
will be increasingly blurred with increased slice thickness. 

Slice sensitivity profile: The slice sensitivity profile is quite literally the line 
spread function in the cranial-caudal axis of the patient. The slice sensitivity profile 
is a more accurate descriptor of the slice thickness. 

Helical pitch: The pitch used in helical CT scanning affects spatial resolution, 
with greater pitches reducing resolution. A larger pitch increases the width of the 
slice sensitivity profile. 

Reconstruction kernel: The shape of the reconstruction kernel has a direct bear­
ing on spatial resolution. Bone filters have the best spatial resolution, and soft tis­
sue filters have lower spatial resolution. 

Pixel matrix: The number of pixels used to reconstruct the CT image has a 
direct influence (for a fixed FOV) on spatial resolution; however no CT manufac­
turer compromises on this parameter in a way that reduces resolution. In some 
instances the pixel matrix may be reduced. For example, some vendors reconstruct 
to a 256 X 256 pixel matrix for CT fluoroscopy to achieve real-time performance. 
Also, in soft copy viewing, if the number of CT images displayed on a monitor 
exceeds the pixel resolution of the display hardware, the software downscans the CT 
images, reducing the spatial resolution. For example, a 1,024 X 1,024 pixel work­
station can display only four 512 x 512 CT images at full resolution. 
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Patient motion: If there is involuntary motion (e.g., heart) or moticm resulting 
from patient noncompliance (e.g., respiratory), the CT image will experience blur­
ring proportional to the distance of the motion during the scan. 

Field of view: The FOV influences the physical dimensions of each pixel. A 10-
cm FOV in a 512 X 512 matrix results in pixel dimensions of approximately 0.2 
mm, and a 35-cm FOV produces pixel widths of about 0.7 mm. 

Factors Affecting Contrast Resolution 

mAs: The mAs directly influence the nurribe~ of x-ray photons ~sed to piodu~~ 
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the CT image, thereby affecting rhe SNR and the ~ohtrast resoh;uion. D oubling of. · ' 
the mAs of the study increases the SNR by V2 or 41 %, and the contrast resolution 
consequently improves. 

Dose: The dose increases linearly with mAs per scan, and the comments for 
mAs apply here. 

Pixel size (POV): If patient size and all other scan parameters are fixed, as FOV 
increases, pixel dimensions increase, and the number of x-rays passing through each 
pixel increases. 

Slice thickness: The slice thickness has a strong (linear) influence on the num­
ber of photons used to produce the image. Thicker slices use more photons and 
have better SNR. For example, doubling of the slice thickness doubles the number 
of photons used (at the same kV and mAs), and increases the SNR by V2, or 41 %. 

Reconstruction filter: Bone filters produce lower contrast resolution, and soft 
tissue filters improve contrast resolution. 

Patient size: For the same x-ray technique, larger patients attenuate more x­
rays, resulting in detection of fewer x-rays. This reduces the SNR and therefore the 
contrast resolution. 

Gantry rotation speed: Most CT systems have an upper limit on mA, and for 
a fixed pitch and a fixed mA, faster gantry rotations (e.g., 1 second compared with 
0.5 second) result in reduced mAs used to produce each CT image, reducing con­
trast resolution. 

13.9 ARTIFACTS 

Beam Hardening 

Like all medical x-ray beams, CT uses a polyenergetic x-ray spectrum, with ener­
gies ranging from about 25 to 120 keV. Furthermore, x-ray attenuation coeffi­
cients are energy dependent: After passing through a given thickness of patient, 
lower-energy x-rays are attenuated to a greater extent than higher-energy x-rays 
are. Therefore, as the x-ray beam propagates through a thickness of tissue and 
bone, the shape of the spectrum becomes skewed toward the higher energies (Fig. 
13-38). Consequently, the average energy of the x-ray beam becomes greater 
("harder") as it passes through tissue. Because the attenuation of bone is greater 
than that of soft tissue, bone causes more beam hardening than an equivalent 
thickness of soft tissue (Fig. 13-39). 

The beam-hardening phenomenon induces artifacts in CT because rays from 
some projection angles are hardened to a differing extent than rays from other 
angles, and this confuses the reconstruction algorithm. A calculated example is 
shown in Fig. 13-40A. Th~ most common clinical example of beam hardening 
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FIGURE 13-38. The nature of x-ray beam hardening is illustrated. As a spectrum of 
x-rays {lower graphs) passes layers of tissue, the lower-energy photons in the x-ray 
spectrum are attenuated to a greater degree than the higher-energy componen~s of 
the spectrum. Therefore, as the spectrum passes through increasing thickness of tis­
sue, it becomes progressively skewed toward the higher-energy x-rays in that spec­
trum. In the vernacular of x-ray physics, a higher-energy spectrum is called a 
"harder" spectrum; hence the term beam hardening. 

occurs between the pefrous bones in the head, where a spider web-like artifact con~ 
nects the two bones on the image. 

Most CT scanners include a simple beam-hardening correction algorithm that 
corrects for beam hardening based on the relative attenuation of each ray, and this 
helps to some extent. More sophisticated two-pass beam-hardening correction algo­
rithms have been implemented by some manufacturers, and these correction tech­
niques can substantially reduce artifacts resulting from beam hardening. In a two­
pass algorithm, the image is reconstructed normally in the first pass, the path length 
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FIGURE 13-39. Using a 120-
kV x-ray spectrum filtered by 
7 mm of aluminum as the 
incident x-ray spectrum, the 
average x-ray energy of the 
spectrum is shown as a func­
tion of the thickness of the 
absorber through which the 
spectrum propagates. Beam 
hardening caused by soft tis­
sue and by bone is illus­
trated. Bone causes greater 
beam hardening because of 
its higher attenuation coeffi­
cient (due to increased den­
sity and higher average 
atomic number). 
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FIGURE 13-40. A: A beam-hardening artifact caused by four calcium-filled cylinders is illustrated. B: 
Artifacts due to motion are shown. • 

that each ray transits through bone and soft tissue is determined from the first-pass 
image, and then each ray is compensated for beam hardening based on the known 
bone and soft tissue thicknesses it has traversed. A second-pass image reconstruc­
tion is performed using the corrected ray values. 

Motion Art if acts 

Motion artifacts occur when the patient moves during the acqms1t10n. Small 
motions cause image blurring, and larger physical displacements during CT image 
acquisition produce artifacts that appear as double images or image ghosting. If 
motion is suspected in a CT image, the adjacent CT scans in the study may be eval­
uated to distinguish fact from artifact. In some cases, the patient needs to be re­
scanned. An example of a motion artifact is shown in Fig. 13-40B. 

Partial Volume Averaging 

The CT number in each pixel is proportional to the average µ in the correspond­
ing voxel. For voxels containing all one tissue type (e.g., all bone, all liver), µ is rep­
resentative of that tissue. Some voxels in the image, however, contain a mixture of 
different tissue types. When this occurs, for example with bone and soft tissue, the 
µ is not representative of either tissue but instead is a weighted average of the two 
different µ values. Partial volume averaging is most pronounced for softly rounded 
structures that are almost parallel to the CT slice. The most evident example is near 
the top of the head, where the cranium shares a substantial number of voxels with 
brain tissue, causing details of the brain parenchyma to be lost because the large µ 
of bone dominates. This situation is easily recognizable and therefore seldom leads 
to misdiagnosis. Partial volume artifacts can lead to misdiagnosis when the presence 
of adjacent anatomic structures is not suspected (Fig. 13-41). 
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FIGURE 13-41. A partial 
volume artifact occurs when 
the computed tomographic 
slice interrogates a slab of 
tissue c;ontaining two or 
more different tissue types. 
Many partial volume arti­
_ facts .ire obvious (e.g., •with 
bone): but occasionally a 
partial volume artifact can 
mimic pathologic condi­
tions. 

There are several approaches to reducing partial volume artifacts, and the obvi­
ous a priori approach is to use thinner CT slices. When a suspected partial volume 
artifact occurs with a helical study and the raw scan data is still available, it is some­
times necessary to use the raw data to reconstruct additional CT images at different 
positions. Many institutions make use of interleaved reconstructions (e.g., 5-mm 
slices every 2.5 mm) as a ~atter of routine protocol. 
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Bad pixel in k-space Resultant image 

FIGURE 15-33. A single bad pixel in the k-space causes a significant" artifact in the 
reconstructed image. The bad pixel is located at kx = 2, ky = 3, which produces a 
superimposed sinusoidal wave on the spatial domain image. 

Motion Art if acts 

The most ubiquitous and noticeable artifacts in MRI arise with patient motion, 
including voluntary and involuntary movement, and flow (blood, CSF). Although 
motion artifacts are not unique to MRI, the long acquisition time of certain MRI 
sequences increases the probability of motion blurring and contrast resolution 
losses. Motion artifacts mostly occur along the phase encode direction, since adja­
cent lines of phase-encoded protons are separated by a TR interval that can last 
3,000 msec or longer. Even very slight motion will cause a change in the recorded 
phase variation across the FOV throughout the MR acquisition sequence (Fig. 15-
34). The frequency encode direction is less affected, especially by periodic motion, 

Frequency 
Encode 
Gradient 

Phase Encode Gradient 

FIGURE 15-34. Motion artifacts, particula rly of flow patterns, are most always dis­
played in the phase encode gradient direction . Slight changes in phase produce 
multiple ghost images of the anatomy, since the variation in phase caused by 
motion can be substantial between excitations. 
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since the evolution of the echo signal, frequency encoding, and sampling occur 
simultaneously over several milliseconds as opposed to seconds to minutes in the 
phase direction. Ghost images, which are faint copies of the image displaced along 
the phase encode direction, are the visual result of patient motion. 

Several techniques can compensate for motion-related artifacts. The simplest 
technique transposes the PEG and FEG to relocate the motion artifacts out of the 
region of diagnostic interest with the same pulse sequences. This does not reduce 
the magnitude of the artifacts, however. 

There are other motion compensation me~hods: 

1. Cardiac and respiratory gating-signal acquisition at a particular cyciic lo~atio~ 
synchronizes the phase changes applied across the anatomy (Fig. 15-35). 

2. Respiratory ordering of the phase encoding projections based on location within 
the respiratory cycle. 

3. Signal averaging to reduce artifacts of random motion by making displaced sig­
nals less conspicuous relative to stationary anatomy. 

4. Short TE spin echo sequences (limited to proton density, Tl-weighted scans). 
Long TE scans (T2 weighting) are more susceptible to motion. 

5. Gradient moment nulling (additional gradient pulses for flow compensation) to 

help rephase spins that are dephased due to motion. Most often, these tech­
niques require a longer TE, and are more useful for T2-weighted scans (Fig. 15-
25). 

6. Presaturation pulses applied outside the imaging region to reduce flow artifacts 
from inflowing spins (Fig. 15-28). 

A Non Gated 

ECG Signal 

Velocity 

B ECG Gated 
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FIGURE 15-35. A: Motion artifacts occur because the multislice image data (indicated 
as 1 through 6) are not synchronized with the periodicity of the beating heart and the 
velocity pattern. B: Electrocardiogram gated acquisitions synchronize the acquisition of 
the image data with the R wave (peak wave of ECG signal) to reduce vascular motion 
artifacts; a reduced number of images or extended acquisition time is required. 
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On Tl-weighted images of the head, blood flow and CSF pulsations are the 
source of most motion artifacts. Pulse sequences using a gradient moment nulling 
technique "refocus" moving spins by using switched readout gradient polarities, and 
these techniques can correct for periodic motion occurring during the TE period. 
Similarly, on T2-weighred head images the most detrimental motion degradations 
arise from pulsating CSP. Gradient moment nulling techniques can also be applied 
co null rhe signal from these moving spins and improve T2 contrast. Compensation 
can be applied co one, two, or three axes, and corrections can be first order (linear 
velocity), second order (acceleration), or higher order-, d~pending on the applied . 
readout gradient waveform. ECG pulse and respfratory gating is a complementary 
technique rhac significantly reduces cardiac, CSP, and rt:);piracory motion. The 
trade-offs of gating are increased image acquisition and operator setup time. 

Chemical Shift Art if acts 

Chemical shift refers to the resonance frequency variations resulting from intrinsic 
magnetic shielding of anatomic structures. Molecular structure and electron orbital 
characteristics produce fields that shield the main magnetic field and give rise to dis­
tinct peaks in the MR spectrum. In the case of proton spectra, peaks correspond to 
water and fat, and in the case of breast imaging, silicone material. Lower frequen­
cies of about 3.5 parts per million for protons in fat and 5.0 parts per million for 
protons in silicone occur, compared to the resonance frequency of protons in water 
(Fig. 15-36A). Since resonance frequency increases linearly with field strength, the 
absolute difference between the fat and water resonance also increases, making high 
field strength magnets more susceptible to chemical shift artifact. A sample calcula­
tion in the example below demonstrates frequency variations in fat and water for 
two different magnetic field and gradient field strengths. 

Data acquisition methods cannot directly discriminate a frequency shift due to 
the application of a frequency encode gradient or to a chemical shift artifact. Water 
and fat differences therefore cannot be distinguished by the frequency difference 
induced by the gradient. The protons in fat resonate at a slightly lower frequency 
than the corresponding protons in water, and cause a shift in the anatomy (misreg­
istration of water and fat moieties) along to the frequency encode gradient direction 
(Fig. 15-36B,C). 

Example: Numerical calculation of the chemical shift artifact 
Field strength: 

A 3 pares per million (ppm) chemical shift of water and fac is equivalenc to a frequency 
di.ffurcnce at: 

0.5 T of21 MHz x 3 ppm= 63 Hz 
1.5 T of64 MHz x 3 ppm= 192 Hz 
Thus, the chemical shift is more severe for highe-r field strength magnets. 

Gradient sbrmgth, 25 cm (0.2; m) FOY, 256 X 256 marroc: 
A gradient strength of2.5 rnT/m x 0.25 m = 0.000625 T 
Frequency difference: 0.000625 TX 42.58 MHz/T = 26.6 kHz/256 pixels 

= 104 Hz/pixel. 
A gradient strength of 10 mT/m X 0.25 rn = 0.0025 T 
Frequency differen c: 0.0025 TX 42.58 MHz/T = 106.5 kHz/256 pixels 

= 416 Hz/pixel. 
Thus, a chemical shift is more severe for lower gradient strengths. 
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ufacturers incorporate a computer for image acquisition and camera control in the 
camera itself and provide a separate computer for image processing and display, 
whereas others provide a single computer for both purposes. 

Some older scintillation cameras transmit pairs of analog X-. and Y-position 
pulses to the computer. A computer interfaced to such a camera has an acquisition 
interface containing two ADCs for converting the pairs of analog position pulses 
into digital form. However, in most modern scintillation cameras, the pairs of X 
and Y signals are created using digital circuitry and are transferred from the camera . 
to the computer in digital form. The formation of ;i digital image is described in the ... • 
following section. 

Digital Image Formats in Nuclear Medicine 

As discussed in Chapter 4, a digital image consists of a rectangular array of num­
bers, and an element of the image represented by a single number is called a pixel. 
In nuclear medicine, each pixel represents the numb.er of counts detected from 
activity in a specific location within the patient. Common image formats in nuclear 
medicine are 642 and 1282 pixels. Whole-body images are stored in larger formats, 
such as 256 by 1,024 pixels. If one byte (8 bits) is used for each pixel, the image is 
said to be in byte mode; if two bytes are used for each pixel, the image is said to be 
in word mode. A single pixel can store as many as 255 counts in byte mode and 
65,535 counts in word mode. Modern nuclear medicine computers may allow only 
word-mode images. 

Image Acquisition 

Frame Mode Acquisition 

Image data in nuclear medicine are acquired in either frame or list mode. Figure 21-
21 illustrates frame-mode acquisition. Before acquisition begins, a portion of the 
computer's memory is designated to contain the image. All pixels within this image 
are set to zero. After acquisition begins, pairs of X- and Y-position signals are 
received from the camera. Each pair of numbers designates a single pixel in the 
image. One count is added to the counts in that pixel. As many pairs of position 
signals are received, the image is formed. 

There are three types of frame-mode acquisition: static, dynamic, and gated. 
In a static acquisition, a single image is acquired for either a preset time inter­
val or until the total number of counts in the image reaches a preset number. In 
a dynamic acquisition, a series of images is acquired one after another, for a pre­
set time per image. Dynamic image acquisition is used to study dynamic 
processes, such as the first transit of a bolus of a radiopharmaceutical through 
the heart or the extraction and excretion of a radiopharmaceutical by the kid­
neys. 

Some dynamic processes occur too rapidly for them to be effectively portrayed 
by dynamic image acquisition; each image in the sequence would have too few 
counts to be statistically valid. However, if the dynamic process is repetitive, gated 
image acquisition may permit the acquisition of an image sequence that accurately 
depicts the dynamic process. Gated acquisition is most commonly used for evalu-
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FIGURE 21-21. Acquisition of an image in frame mode. This figure illustrates the incor­
poration of position data from the first three interactions into an image. 

ating cardiac mechanical performance, in cardiac blood pool studies and, some­
times, in myocardial perfusion studies. Gated acquisition requires a physiologic 
monitor that provides a trigger pulse to the computer ac the beginning of each cycle 
of rhe process being studied. In gated cardiac studies, an electrocardiogram (ECG) 
monitor provides a trigger pulse to che computer whenever the monitor detects a 
QRS complex. 

Figure 21-22 depicts the acquisition of a gated cardiac image sequence. First, 
space for the desired number of images ( usually 16 to 24) is reserved in the com­
pute.r's memory. Next, several cardiac cycles are rimed and the average rime per 
cycle is determined. The time per cycle is divided by the number of images in the 
sequence to obtain rhe time T per image. Then the acquisition begins. When the 
first trigger pulse is received, the acquisition interface sends the data to the first 
image in rhe sequence for a rime T Then it is stored in the second image in the 
sequence for a time T, after which iris scored in the third image for a rime T. This 
process proceeds until the next trigger pulse is received. Then the process begins 
anew, with the data being added to that in the first image for a rime T, then the 
second image for a time T, ecc. This process is continued until a preset rime inter­
val, typically 10 minutes, has elapsed, enabling sufficienr counts to be collected 
for the image sequence co form a stacisrically valid depiction of an average cardiac 
cycle. 
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QRS QRS QRS 

\ ~ . 

First Second Third Fourth 
image image image image 

FIGURE 21-22. Acquisition of a gated cardiac image sequence. Only four images are 
shown here. Sixteen to 24 images are typically acquired. 

List-Mode Acquisition 

In list-mode acquisition, the pairs of X- and Y-position values are stored in a list 
(Fig. 21-23, instead of being immediately formed into an image. Periodic tim­
ing marks are included in the list. If a physiologic monitor is being used, as in 
gated cardiac imaging, trigger marks are also included in the list. After acquisi­
tion is complete, the list-mode data are reformatted into conventional images 
for display. The advantage of list-mode acquisition is that it allows great flexi­
bility in how the X and Y values are combined to form images. The disadvan­
tages of list-mode acquisition are that it generates large amounts of data, requir­
ing more memory to acquire and disk space to store than frame-mode images, 
and that the data must be subsequently processed into standard images for 
v1ewmg. 
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FIG\JRE 21-23. Acquisition of image data in list mode. The digital X- and Y-position signals 
are stored as a list. Periodically, a timing signal is also stored. 
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Image Processing in Nuclear Medicine 

A major reason for che use of computers in nuclear medicine is chat they provide 
the ability to present the daca in the unprocessed images in ways that are of greater 
use to the clinician. Although ir is not within the scope of this section co provide a 
comprehensive survey of image processing in nuclear medicine, the following are 
common examples. 

·image Subtraction 

When one image is subu-acte.<l'from aqocber, each pixel count in one i.a:1-age is ~_ub.,. 
tracted from the corresponding pixel count in the ocher. Negaove numbers resulc.:. 
ing from these subtractions are sec to zero. The resultant image depicts the change 
in activity that occurs in the patient during the time interval between the acquisi­
tions of the two images. 

Regions of Interest and Time-Activity Curves 

A region of interest (ROI) is a closed boundary that is superimposed on the image. 
It may be drawn manually or it may be drawn aucomatically by the computer. The 
sum of the counts in all pixels in the ROI is an indication of the activity in the cor­
responding porcion of che pacienc. 

To create a time-activity curve (TAC), a ROI muse first be drawn on one image 
of a dynamic or gaced image sequence. The same ROI is then superimposed on each 
image in the sequence by the computer and the cocaJ number of counts within the 
ROI is dece,~mined for each image. Finally, the counts within the ROI are plotted 
as a function of image number. The resultant curve is an indication_ of the activity 
in the corresponding porcion of the patient as a function of rime. Figure 21-24 
shows ROis over both kidneys of a patient and cirne-acrivicy curves describing the 
uptake and excretion of the radiophar.maceutical T c-99m T\.1A.G-3 by the kidneys. 

Spatial Filtering 

uclear medicine images have a grainy appearance because of the statistical nature 
of the acquisicion process. This quanrum mottle can be reduced by a type of spacial 
filtering called smoothing. Unforrunacely, smooching also reduces the spacial resolu­
tion of the image.. Images should nor be smoothed co the extent that clinically sig­
nificant derail is lost. Spatial filtering is described in derail in Chapter 11. 

Left Ventricular Ejection Fraction 

The left ventricular ejection fraction (LVEF) is a measure of the mechanical perfor­
mance of the left ventricle of the heart. It ts defined as the fraction of the end-dias­
tolic volume ejected during a cardiac cycle: 

LVEF = (Vrn - VEs)/Vio [21-10] 

where Vm is the end-diastolic volume and VES is the end-systolic volume of the ven­
cricle. In nuclear medicine, it is usually determined from an equilibrium gared blood-

699 
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Quantitative Results 
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FIGURE 21-24. Regions of interest (ROls) (bottom) and time-activity curves (TACs) (top). 

pool image sequence, using Tc-99m-labeled red blood cells. The image sequence is 
acquired from a left anterior oblique (LAO) projection, with the camera positioned at 
the angle demonstrating the best separation of the two ventricles, after sufficient time 
has elapsed for the administered activity to reach a uniform concentration in the blood. 

The calculation of the LVEF is based on the assumption that the counts from 
left ventricular activity are approximately proportional to the ventricular volume 
throughout the cardiac cycle. A ROI is first drawn around the left ventricular cav­
ity, and a TAC is obtained by superimposing this ROI over all images in the 
sequence. The first image in the sequence depicts end diastole, and rli.e image con­
taining the least counts in the ROI depicts end systole. The total left ventricular 
counts in the end-diastolic and end-systolic images are determined. Some programs 
use the same ROI around the left ventricle for both images, whereas, in other pr9-
grams, the ROI is drawn separately in each image to better fit the varying shape of 
the ventricle. Unfortunately, each of these counts is due not only to activity in the 
left ventricular cavity but also to activity in surrounding tissues, chambers, and great 
vessels. To compensate for this "crosstalk" (commonly called "background activ­
ity"), another ROI is drawn just beyond the wall of the left ventricle, avoiding active 
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FIGURE 21-25. End-diastolic {top) and end-systolic {bottom) images from a gated cardiac blood­
pool study, showing ROls used to determine the left ventricular ejection fraction (LVEF). The small 
dark ROI below and to the right of the LV ROI in the end-systolic image is used to determine and 
correct for the extracardiac ("background") counts. 

structures such as the spleen, cardiac chambers, and great vessels. The number of 
counts in the left-ventricular ROI due to crosstalk is estimated as follows: 

(Counts in crosstalk ROI) (Pixels in LV ROI) 
Counts crosstalk - (Pixels in crosstalk ROI) [21-11] 

Figure 21-25 shows end-diastolic and end-systolic images of the heart from the 
LAO projection and the ROis used to determine the LVEF. The LVEF is then cal­
culated using the following equation: 

LVEF = (Counts ED) - (Counts ES) 
(Counts ED) - (Counts crosstalk) 

[21-12] 

SUMMARY 

This chapter described the principles of operation of the Anger scintillation camera, 
which forms images, depicting the distribution of x- and gamma-ray-emitting 
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radionuclides in patients, using a planar crystal of the scintillator Nal(Tl) optically 
coupled to a two-dimensional array of photomultiplier tubes. The collimator, nec­
essary for formation of projection images, imposes a compromise berween spacial 
resolution and sensitivity in detecting x- and gamma rays. Because of che collima­
tor, the spatial resolution of the images degrades with distance from the face of the 
camera. In Chapter 22, the use of the scintillation camera co perform computed 
tomography, called SPECT, is described. • 
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NUCLEAR IMAGING-EMISSION 
TOMOGRAPHY 

The formation of projection images in nuclear medicine was discussed in Chapter 
21. A nuclear medicine projection image depicts a two-dimensional projeccion of 
the three-dimensional activity distribution in the patient. The disadvantage of a 
projection image is that the contributions to the image from structures at different 
depths overlap, hindedng the ability to discern the image of a structure at a partic­
ular depth. Tomographic imaging is fundamenrally different; it attempts to depict 
the activity distribution in a single cross section of the patient. 

There are two fundamentally different types of tomography: conventional 
tomography, also called geometric or focal plane tomography, and computed tomog­
raphy. In conventional tomography, structures out of a focal plane are not removed 
from the resultant image; instead, rhey are blurred by an amount proportional to their 
distance from the focal plane. Those dose to the focal plane suffer little blurring and 
remain apparent in the image. Even those farther away, although significantly blurred, 
contribute to the image, thereby reducing contrast. In distinction, computed tomog­
raphy (CT) uses mathematical methods ro remove overlying structures completely. 
CT requires the acquisition of a set of projection images from at least a 180-degree arc 
about the pacienc. The projection images are then mathematically reconstructed by a 
computer to form images depicting cross sections of the patient. Just as in x-ray trans­
mission imaging, both conventional and computed tomography are possible in 
nuclear medicine imaging. Single photon emission computed tomography (SPECT) 
and positron emission tomography (PET) are both forms of CT. 

Focal Plane Tomography in Nuclear Medicine 

Focal plane tomography once had a significant role in nuclear medicine but is sel­
dom used today. The rectilinear scanne.r, when used with focused collimators, was 
an example of conventional tomography. A number of other devices have been 
developed to exploit conventional tomography in nuclear medicine. The Anger 
tomoscanner used two small scintillation cameras with converging collimators, one 
above and one below the patient rable, ro scan the patient in a raster pattern and 
produce multiple whole-body images, each showing structures at a different depth 
in the patient in focus, in a single scan. The seven-pinhole collimator was used with 
a conventional scintillation camera and computer to produce shorr-axis images of 
che heart, each showing structures ata d,ifferenr depth in focus. The rectilinear scan­
ner and the Anger tomoscanner are no longer produced. The seven-pinhole colli-
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mator, which never enjoyed wide acceptance, has been almost entirely displaced by 
SPECT. 

The scim:illation camera itself, when used for planar imaging with a parallel­
hole collimator, produces a weak tomographic effect. The system spacial resoiucion 
decreases with distance, causing structures farther from the camera to be more 
blurred than closer structures. This effect is perhaps most dearly evident in planar 
skeletal imaging of the body. In the anterior images, for example, the sternum and 
anterior portions of the ribs are· dearly shown, while the spine and posterior ribs are 
barely evident. (Attenuation also plays a role in this effect.) • • • 

22.1 SINGLE PHOTON EMISSION COMPUTED TOMOGRAPHY 
(SPECT) 

Design and Principles of Operation 

Single photon emission computed tomography (SPECT) generates transverse 
images depicting the distribution of x- or gamma-ray emitting nuclides in patients. 
Standard planar projection images are acquired from an arc of 180 degrees (most 
cardiac SPECT) or 360 degrees (most noncardiac SPECT) about the patient. 
Although these images could be obtained by any collimated imaging device, the vast 
majority of SPECT systems use one or more scintillation camera heads that revolve 
about the patient. The SPECT system's digital computer then reconstructs the 
transverse images, using either filtered backprojection, as does the computer in an 
x-ray CT system, or iterative reconstruction methods, which are described later in 
this chapter. Figure 22-1 shows multihead SPECT systems. Figure 21-1 in Chapter 
21 shows a single-head SPECT system. 

FIGURE 22-1. A: Double-head, fixed 180-degree (photograph courtesy of Mar­
coni Medical Systems). 
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FIGURE 22-1 (continued). (B) double-head, variable-angle (photograph cour­
tesy of Siemens Medical Systems); (C) and triple-head (photograph courtesy of Tri­
onix Research Laboratory, Inc.) single photon emission computed tomography 
(SPECT) systems. The double-head, variable-angle system is shown with the heads 
at a 76-degree angle for cardiac acquisition. 

Image Acquisition 

The camera head or heads of a SPECT system revolve about the pacienr, acquiring 
projection images from evenly spaced angles. The bead or heads may acquire rhe 
images while moving (continuous acquisition) or may stop at predefined angles co 
acquire the images ("step and shoot" acquisidon). Each projection image is acquired 
in a computer in frame mode (see Image Acquisition in Chapter 21). If the camera 
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heads of a SPECT system produced ideal projection images (i.e., no attenuation by 
the patient and no degradarion of spacial resolution with distance from rhe camera), 
projection images from opposite sides of che patient would be mirror images and 
pro jeccion images over a 180-degree arc would be sufficient. for transverse image 
reconsuuction. However, in SPECT, attenuation greacly reduces the n umber of 
photons from activity in the half of the parienc 0pposire the .camera head, and chis 
information is grearly blurred by the <#stance from the collimator. Therefor.e, for 
most noncardiac scudies, such as brain SPECT, the projection images ;µe acqu_ired . • 
over a complete revolution (360 degrees) about_ the patient. However,. !Il<'.>St riudear 
medicine laboratories acquire cardiac SPECT studies, such as myocardial' perfusion 
studies, over a 180-degree arc from the 45-degree right anterior oblique (RAO)' view· 
to the 45-degree left posterior oblique ·(LPO) view. (Fig. 22-2). The 180-degree 
acquisition produces reconstructed images of superior contrast and resolution, 
because the projection images of the heart from cbe opposite 180 degrees have poor 
spacial resolution and contrast due to greater distance and attenuation. Although 
scudies have shown chat the 180-degree acquisition can introduce artifacts, the 180-
degree acquisition is more commonly used than the 360-degree for cardiac studies. 

SPECT projection images are usually acquired in either a 642 or a 1282 pixel 
format. Using too small a pixel format reduces the spacial resolution of the projec­
tion images and of the resultant reconstructed transverse images. When the 642 

format is used, typically 60 or 64 projection images are acquired and, when a 1282 

format is chosen, 120 or 128 projection images are acquired. Using too few projec­
tions creates radial streak artifacts in the reconstructed transverse images. 

The camera heads on older SPECT systems followed circular orbits around the 
patient while acquiring images. Circular orbits are satisfactory for SPECT imaging 
of the brain, but cause a loss of spatial resolution in body imaging because the cir­
cular orbit causes the camera head to be many cencimecers away from the surface of 
the body during the anterior and posterior portions of its orbit (Fig. 22-3). Newer 
SPECT systems provide noncircular orbits (also called "body contouring") that 
keep the camera heads in dose proximity co che surface of the body chroughour the 
orbit. For some systems, the technologist specifies the noncircular orbit by placing 
the camera head as close as possible to the patient at several angles, from which rhe 
camera's computer determines the orbit. Ocher systems perform automatic body 
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FIGURE 22-2. An 180-degree cardiac orbit. 
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FIGURE 22-3. Circular {A) and body-contou r {B) orbits. 

contouring, using sensors on the camera heads to determine their proximity to the 
patient. 

In brain SPECT, it is usually possible for the camera head to orbit with a much 
smaller radius than in body SPECT, thereby producing images of much higher spa­
tial resolution. Unfortunately, in older cameras, rhe large distance from the physi­
cal edge of the camera head co the useful portion of the detector often made it 
impossible to orbit ar a radius within the patient's shoulders while including che 
base of the brain in the images. These older systems were therefore forced to image 
rhe brain with an orbit oucside the patient's shoulders, causing a significant loss of 
resolution . Mose modern SPECT systems permit brain imaging wich orbits within 
the patient's shoulders. 

Transverse Image Reconstruction 

After the projection images are acquired, they are usually corrected for axis-of-rota­
tion misalignments and for nonuniformities. (These corrections are discussed 
below; see Quality Control in SPECT.) Following these corrections, transverse 
image reconstruction is performed using either filtered backprojection or iterative 
methods. 

As described in Chapter 13, filtered backprojection consists of two steps. First, 
the projection images are mathematically filtered. Then, to form a particular trans­
verse image, simple backprojection is performed of the row, corresponding to that 
transverse image, of each projection image. For example, the fifth row of each pro­
jection image is backprojected to form the fifth transverse image. A SPECT study 
produces transverse images covering the entire field of view (FOV) of the camera in 
the axial direction from each revolution of the camera head or heads. 

Mathematical theory specifies that the ideal filter kernel, when displayed in fre­
quency space, is the ramp filter (Fig. 22-4). However, the actual projection images 
contain considerable statistical noise. If they were filtered using a ramp filter kernel 
and then backprojected, the resultant transverse images would contain an unac­
ceptable amount of statistical noise. 

B 
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FIGURE 22-4. Typical . filter kernels 
used for- filtered backprojection. The 
kernels are shown in frequency space. 
Filter kernel A is a Butterworth filter 
of the 5th order with a critical fre­
quency of 0.15 Nyquist, and filter ker­
nel B is a Butterworth filter of t)le 5th 
order with a cr'itk:aJ freguency"of 0.27 
Nyquist. Filter kefnelAprovide_s.. more 

0.5 smoothing than filter ke·ro¢I B. A 
ramp filter,. which provides no 
smoothing1 is also shown. 

In the spatial frequency domain, statistical noise predominates in the high-fre­
quency portion. To smooth the projection images before backprojection, the ramp 
filter kernel is modified to "roll off" at higher spatial frequencies. Unfortunately, this 
reduces the spatial resolution of the projection images and thus of the r~constructed 
transverse images. A compromise must therefore be made between spatial resolution 
and statistical noise of the transverse images. 

Typically, a different filter kernel is selected for each type of SPECT study; e.g., 
a different kernel would be used for HMPAO brain SPECT than would be used for 
Tl 201 myocardial perfusion SPECT. The choice of filter kernel for a particular type 
of study is determined by the amount of statistical noise in the projection images 
(mainly determined by the injected activity, collimator, and acquisition time per 
image) and their spatial resolution [determined by the collimator and the typical 
distances of the camera head(s) from the organ being imaged]. The preference of 
the interpreting physician regarding the appearance of the images also plays a role. 
Projection images of better spatial resolution and less quantum mottle require a fil­
ter with a higher spatial frequency cutoff to avoid unnecessary loss of spatial reso­
lution in the reconstructed transverse images, whereas projection images of poorer 
spatial resolution and greater quantum mottle require a filter with a lower spatial 
frequency cutoff to avoid excessive quantum mottle in the reconstructed transverse 
images. Although the SPECT camera's manufacturer may suggest filters for specific 
imaging procedures, the filters are usually empirically optimized in each nuclear 
medicine laboratory. Figure 22-5 shows a SPECT image created using three differ­
ent filter kernels, illustrating too much smoothing, proper smoothing, and no 
smoothing. 

Filtered backprojection is computationally efficient. However, it is based on the 
assumption that the projection images are perfect projections of a three-dimen­
sional object. As discussed in the previous chapter, this is far from true in nuclear 
medicine imaging, mainly because of attenuation of photons in the patient, inclu­
sion of Compton scattered photons in the image, and the degradation of spatial res­
olution with distance from the collimator. 

In SPECT, iterative reconstruction methods are increasingly being used instead 
of filtered backprojection. In iterative methods, an initial activity distribution in the 
patient is assumed. Then, projection images are calculated from the assumed activ­
ity distribution, using the known imaging characteristics of the scintillation camera. 
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FIGURE 22-5. SPECT images created by filtered backprojection. The projection images were fil­
tere·d using the tilter kernels shown in Fig. 22-4. Left: An image produced using filter kernel A, 
which exhibits a significant loss of spatial resolution. Center: An image produced using filter ker­
nel B, which provides a proper amount of smoothing. Right: An image produced using the ramp 
filter, which shows good spatial resolution but excessive statistical noise. 

The calculated projection images are compared with the actual projection images 
and, based on this comparison, the assumed activity distribution is adjusted. This 
process is repeated several times, with successive adjustments to the assumed activ­
ity distribution, until the calculated projection images approximate the actual pro­
jection images. 

fu was stated above, in each iteration projection images are calculated from the 
assumed activity distribution. The calculation of projection images uses the point 
spread function of the scintillation camera, which takes into account the decreasing 
spatial resolution with distance from the camera face. The point spread function can 
be modified to in~orporate the effect of photon scattering in the patient. Further­
more, if a map of the attenuation characteristics of the patient is available, the cal­
culation of the projection images can include the effects of attenuation. If this is 
done, iterative methods will partially compensate for the effects of decreasing spa­
tial resolution with distance, photon scattering in the patient, and attenuation in 
the patient. 

Iterative methods are computationally less efficient than filtered backprojec­
tion. However, the increasing speed of computers, the small image matrix sizes used 
in nuclear imaging, and development of computationally efficient algorithms have 
made iterative reconstruction feasible for SPECT. 

Attenuation Correction in SPECT 

X- or gamma rays that must traverse long paths through the patient produce fewer 
counts, due to attenuation, than do those from activity closer to the near surface of 
the patient. For this reason, transverse image slices of a phantom with a uniform 
activity distribution, such as a jug filled with a well-mixed solution of radionuclide, 
will show a gradual decrease in activity toward the center (Fig. 22-6 left). Attenua­
tion effects are more severe in body SPECT than in brain SPECT. 

Approximate methods are available for attenuation correction. One of the most 
common, the Chang method, assumes a constant attenuation coefficient through­
out the patient. Approximate attenuation corrections can over- or undercompensate 
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FIGURE 22-6. Attenuation correction. Left: A reconstructed transverse image sl ice 
of a cylindrical phantom containing a well-mixed radionuclide solution. This image 
shows a decrease in activity toward the center due to attenuation. (A small ring arti­
fact, unrelated to t he attenuation, is also visible in the center of the image.) Center: 
The same image corrected by the Chang method, using a linear attenuation coeffi ­
cient of 0.12 cm-1, demonstrating proper attenuation correction. R.ight: The same 
image, corrected by the Chang rnethed-using an excessively large attenuation coef­
ficient. 

for attenuation. If such a method is to be used, its proper functioning should be ver­
ified using phantoms before it is used in clinical studies. 

Attenuation is not uniform throughout the patient and, in the thorax in par­
ticular, it is very nonuniform. These approximate methods cannot compensate for 
nonuniform attenuation. 

Several manufacturers provide SPECT cameras with radioactive sources to 
measure the attenuation through the patient. The sources are used to acquire trans­
mission data from projections around the patient. After acquisition, the transmis­
sion projection data are reconstructed to provide maps of tissue attenuation char­
acteristics across transverse sections of the patient, similar to x-ray CT images. 
Finally, these attenuation maps are used during the SPECT image reconstruction 
process to provide attenuation-corrected SPECT images. 

The transmission sources are available in several configurations. These include 
scanning collimated line sources that are used with parallel-hole collimators, arrays 
of fixed line sources used with parallel-hole collimators, and a fixed line source 
located at the focal point of a fan-beam collimator. 

The transmission data are usually acquired simultaneously with the acquisition 
of the emission projection data, because performing the two separately poses sig­
nificant problems in the spatial alignment of the two data sets. The radionuclide 
used for the transmission measurements is chosen to have primary gamma-ray emis­
sions chat differ significantly in energy from those of the radiopharmaceutical. Sep­
arate energy windows are used to differentiate the photons emitted by the trans­
mission source from chose emitted by the radiopharmaceutical. However, scattering 
of the higher energy photons in the patient and in the detector causes some 
crosstalk in the lower energy window. 

In SPECT, attenuation correction using transmission sources has most often 
been applied in myocardial perfusion imaging, where attenuation artifacts can 
mimic perfusion defects. To date, however, clinical studies evaluating attenuation 
correction using transmission sources have not been uniformly favorable. At this 
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time, attenuation correction in SPECT using'transmission sources is promising, but 
it is still under development and its ultimate clinical utility is not yet proven. 

Generation of Coronal, Sagittal, and Oblique Images 

The pixels from the transverse image sl!ces may be reord'ered ro produce coronal 
and sagictal images. For cardiac imaging, ic is desi~able ro produce oblique images 
oriented eicher parallel {vertical and horizontal long axis images) or perpep:dicn­
·lar (short axis images) ro the long axis of the left ventri<;:_le. Because there is con~: 
siderable anatomic variation among pacients regarding the orientation of the l~ng 
axis of rhe left ventricle, rhe long axis of the heart must be marked on the ~is-
played image. • 

SPECT Collimators 

The most commonly used collimator for SPECT is the high-resolution parallel-hole 
collimator. However, specialized collimarors have been developed for SPECT. The 
fan-beam collimator, shown in Fig. 22-7, is a hybrid of the converging and the par­
allel-hole collimators. Because it is a parallel-hole collimator in tb.e y-direccion, each 
row of pixels in a projection image corresponds to a single transaxial slice of the sub­
ject. In the x-direcrion, ir is a converging collimator, with spatial resolution-effi­
ciency characreristics chat are superior co those of a parallel-hole collimator (see 
Chapter 21, Fig. 21-13). Because a fan-beam collimator is a converging collimator 
in the cross-axial direction, its FOV decreases with distance from the collimator. For 
this reason, the fan-beam collimator is mainly used for brain SPECT; if the colli­
mator is used for body SPECT, portions of the body are excluded from the FOV, 
creating artifacts in the reconstructed images. 

Multihead SPECT Cameras 

To reduce the limitations imposed on SPECT by collimation and limited time per 
view, camera manufacturers provide SPECT systems with two or three scintillation 

I 1111111111111 1
1 

FIGURE 22-7. Fan-beam collimator. 
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camera heads that revolve about the patient (Fig. 22-1). The use of multiple cam­
era heads permits the use of higher resolution collimators, for a given level of quan­
tum mottle in the images, than would a single head system. However, the use of 
multiple camera heads imposes considerable technical difficulties on the manufac­
turer. It places severe requirements on the electrical and mechanical stability of the 
camera heads. Furthermore, the Y-offsets and X- and Y-magnification factors of all 
the heads must be precisely matched throughout rotation. Early multihead systems 
failed to achieve acceptance because of the difficulty of matching these-_ factors, 
Today's multihead systems are more mechanically and electronically stable;ch.en ear- . 
lier systems, providing high-qualicy comogr~phic ~mages for a variety of clinical ·• 
applications. • • 

Multihead scintillation cameras are available in several configurationi Double­
head cameras fixed in a 180-degree configuration are good for head and body 
SPECT and whole-body planar scans. Triple-head, fixed~angle cameras are good for 
head and body SPECT, but less suitable for whole-body planar scans because of the 
limited widths of the crystals. Double-head, variable-angle cameras are highly ver­
satile, capable of head and body SPECT and whole-body planar scans in the 180-
degree configuration and cardiac SPECT in the 90-degree configuration. (The use­
ful portion of the Nal crystal does not extend all the way to the edge of a camera 
head. If the two camera heads are placed at an angle of exactly 90 degrees to each 
other, both heads cannot be close to the patient without parts of the patient being 
outside of the fields of view. For this reason, one manufacturer provides SPECT 
acquisitions with the heads at a 76-degree angle to each other.) 

Performance 

Spatial Resolution 

The spatial resolution of a SPECT system can be measured by acquiring a SPECT 
study of a line source, such as a capillary tube filled with a solution of technetium 
(Tc) 99m, placed parallel to the axis of rotation. The National Electrical Manufac­
turers Association (NEMA) specifies a cylindrical plastic water-filled phantom, 22 
cm in diameter, containing three line sources (Fig. 22-8, left) for measuring spatial 
resolution. the fuli-widrh-ar-half-maximum (FWHM) measures of the line .sources 
are determined from the reconstructed transverse images (Fig. 22-8, right). A ramp 
filter is used in the filtered backprojection, so that the filtering does not reduce the 
spatial resolution. The NEMA spatial resolution measurements are primarily deter­
mined by the collimator used. The tangential resolution for the peripheral sources 
(typically 7 to 8 mm FWHM for low-energy high-resolution and ultra-high-reso­
lution parallel-hole collimators) is much superior to the central resolution (typically 
9.5 to 12 mm). The tangential resolution for the peripheral sources is better than 
the radial resolution (typically 9.4 to 12 mm) for the peripheral sources. 

These FWHMs measured using the NEMA protocol, while providing a useful 
index of ultimate system performance, are not necessarily representative of clinical 
performance, because these spatial resolution studies can be acquired using longer 
imaging times and closer orbits than would be possible in a patient. Patient studies 
may require the use of lower resolution (higher efficiency) collimators than the one 
used in the NEMA measurement to obtain adequate image statistics. In addition, 
the filters used before backprojection for clinical studies have lower spatial fre-

., . . 
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FIGURE 22-8. National Electrical Manufacturers Association (NEMA) phantom for evaluating the 
spatial resolution of a SPECT camera (left). The phaAtom is a 22 cm diameter plastic cylinder, filled 
with water and containing three Co 57 line sources. One line source lies along the central axis and 
the other two are parallel to the central line source, 7.5 cm away. A SPECT study is acquired, with a 
camera radius of rotation [distance from collimator to axis of rotation (AOR)J of 15 cm. The spatial 
resolution is measured from reconstructed transverse images (right). Horizontal and vertical profiles 
are taken through the line sources and the full -width-at-half-maximum (FWHM) measures of these 
line spread functions (LSFs) are determined. The average central resolution (FWHM of the central 
LSF) and the average tangential and radial resolutions (det€rmined from the FWHMs of the two 
peripheral sources as shown) are determined. (Adapted from Performance Measurements of Scintil­
lation Cameras, National Electrical Manufacturers Association, 1986.) 

quency cutoffs than do the ramp filters used in NE!vlA spatial resolucion measure­
ments. The NEMA spacial resolution measucemenrs fail co show rhe advantage of 
SPECT systems with rwo or three camera heads; double- and triple-head cameras 
will permit the use of higher resolution collimators for clinical studies than will sin­
gle-head cameras. 

The spatial resolution deteriorates as the radius of the camera orbit increases. 
For this reason, brain SPECT produces images of much higher spatial resolution 
than body SPECT. It is essential that the SPECT camera heads orbit the patienr as 
closely as possible. Also, noncircular orbits (see Design and Principles of Operation, 
above) provide better resolution than circular orbits. 

Comparison of SPECT to Conventional Planar Scintillation 
Camera Imaging 

In theory, SPECT should produce spatial resolution similar to that of planar scin­
tillacion camera imaging. ln clinical imaging, ics resolution is usually slightly worse. 
The camera head is usually closer co the patient in convencional planar imaging 
than in SPECT. Also, the shore time per view of SPECT may mandate the use of a 
lower resolucion collimator to obtain adequate numbers of counts. 
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In planar nuclear imaging, radioactivity in tissues in front of and behind an 
organ or tissue of interest causes a reduction in contrast. Furthermore, if the activ­
ity in these overlapping structures is not uniform, the pattern of this activity distri­
bution is superimposed on the activity distribution in the organ or tissue of inter­
est. As such, it is a source of structural noise that impedes the ability to discern the 
activity distribution in the organ or tissue of interest. The main advantage of 
SPECT over conventional planar nuclear imaging is the markedly improved con­
trast and reduced structural noise produced by eliminating the activity in overlap-:- . 
ping structures. SPECT also offers the promise of partial correction foii the affects _ 
of attenuation and of the scattering of photons iri the patient. • • 

Quality Control in SPECT 

Although a technical quality control program is important in planar nuclear imag­
ing, it is critical in SPECT. ·Equipment malfunctions or maladjustments that would 
not noticeably affect planar images can markedly degrade the spatial resolution of 
SPECT images and produce significant artifacts, some of which may mimic pathol­
ogy. Upon installation, a SPECT camera should be tested by a medical physicist. 
Following acceptance testing, a quality control program should be established to 
ensure that the system's performance remains comparable to its initial performance. 

X- and Y-Magnification Factors and Multienergy 
Spatial Registration 

The X- and Y-magnification factors, often called X and Y gains, relate distances in 
the object being imaged, in the x and y directions, to the numbers of pixels between 
the corresponding points in the resultant image. The X-magnification factor is 
determined from a digital image of two point sources placed against the camera's 
collimator a known distance apart along a line parallel to the X-axis: 

X _ Actual distance between centers of point sources 
mag - Number of pixels between cenrers of point sources 

The Y-magnification factor is determined similarly but with the sources paral­
lel to the y-axis. The X- and Y-magnification factors should be equal. If they are not, 
the projection images will be distorted in shape, as will be coronal, sagittal, and 
oblique images. (The transverse images, however, will not be distorted.) 

The multienergy spatial registration, described in Chapter 21, is a measure of 
the camera's ability to maintain the same image magnification, regardless of the 
energies of the x- or gamma rays forming the image. It is important in SPECT when 
imaging radionuclides such as Ga 67 and In 111, which emit useful photons of 
more than one energy. It is also important because uniformity and axis of rotation 
corrections, to be discussed shortly, that are determined with one radionuclide will 
only be valid for others if the multienergy spatial registration is correct. 

Alignment of Projection Images to Axis-of-Rotation 
(COR Calibration) 

The axis of rotation (AOR) is an imaginary reference line about which the head or 
heads of a SPECT camera rotate. If a radioactive line source were place<l on the 
AOR, each projection image would depict a vertical straight line near the center of 
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FIGURE 22-9. Center-of-rotation (COR) misalignment. Small misalignments cause blur- • 
~ing (center), whereas large misalignments cause point sources to appear as "tiny 
doughnut" artifacts (right). • 

the image; this projection of the AOR into the image is called the center of rotation 
(COR). Ideally, the COR is aligned with the center, in the x-direction, of each pro­
jection image. However, there may be a misalignment of the COR with the center 
of the projection images. This misalignment may be mechanical;· for example, the 
camera head may not be exactly centered in the gantry. It can also be electronic. The 
misalignment may be the sam~ amount in all projection images from a single cam­
era head, or it may vary with the angle of the projection image. 

If a COR misalignment is not corrected, it causes a loss of spatial resolution in 
the resultant transverse images. If the misalignment is large, it can cause a point 
source to appear as a tiny "doughnut" (Fig. 22-9). (These doughnut artifacts are not 
seen in clinical images; they are visible only reconstructed images of point or line 
sources. The doughnut artifacts caused by COR misalignment are not centered in 
the image and so can be distinguished from the ring artifacts caused by nonunifor­
mities.) The COR alignment is assessed by placing a point source or line source in 
the camera field of view, acquiring a set of projection images, and analyzing these 
images using the SPECT system's computer. If a line source is used, it is placed par­
allel to the AOR. The COR misalignment may be corrected by shifting each image 
in the x-direction by the proper number of pixels prior to filtered backprojection. 
When a line source is used, the COR correction can be performed separately for 
each slice. If the COR misalignment varies with camera head angle, instead of being 
constant for all projection images, it can only be corrected if the computer permits 
angle-by-angle corrections. Separate assessments of the COR correction must be 
made for different collimators and, on some systems, for different camera zoom fac­
tors and image formats (e.g., 642 versus 1282). The COR correction determined 
using one radionuclide will only be valid for other radionuclides if the multienergy 
spatial registration is correct. 

Uniformity 

The uniformity of the camera head or heads is important; nonuniformities that are 
not apparent in low-count daily uniformity studies can cause significant artifacts in 
SPECT. The artifact caused by a nonuniformity appears in transverse images as a 
ring centered about the AOR (Fig. 22-10). 

Multihead SPECT systems can produce partial ring artifacts when projection 
images are not acquired by all heads over a 360-degree arc. Clinically, ring artifacts 
are most apparent in high count-density studies, such as liver images. However, ring 
artifacts may be most harmful in studies such as Tl-201 myocardial perfusion 
images in which, due to poor counting statistics and large variations in count den­
sity, they may not be recognized and thus may lead to misinterpretation. 

.... 
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FIGURE 22-10. Image of a cylinder filled 
with a uniform radionuclide solution, show­
ing a ring artifact due to a nonuniformlty. 
Artifact is the dark ring toward the center. 

As mentioned in the previous chapter, the primary intrinsic causes of nonunifor­
micy are (a) spatial nonlinearities, which "screech" the image in some areas, reducing the 
local count density and "compress" other areas of the image, increasing the count den­
sir:y; and (b) local variations jn rhe efficiency of light collection, which produce system­
atic position-dependent variations in the amplirudes of the energy signals and thus local 
variations in the fraction of counts rejecred by the energy ruscrimination circuits. Ail 
modem SPECT cameras incorporate rugical circuits char apply correction factors, 
obra.ined from incemal "lookup" tables, to theX, Y, and energy signals from each imer­
action. However, these correction circuits cannot correct nonuniformicy due to local 
variations in detection efficiency, such as dents or manufacturing defects in the collima­
tor . If not too severe, nonuniformities of thjs cype can be largely corrected. A very high 
count uniformity image muse be acquired. The ratio of the average pixel count co the 
count in a specific pixel in chis image serves as a correction factor for char pixel. Follow­
ing the acquisition of a projection image during a SPECT study, each pixel of rhe pro­
jection image is multiplied by the appropriate correccion Factor before COR correction 
and filtered backprojection. For the high-count uniformity image, at lease 30 million 
counts should be collected for 642 images and 120 million counts for a 1282 forrnar. 
These high-counr uniformity images should be collected every I or 2 weeks. Separate 
correccion images must be acquired for each camera head. For cameras from some man­
ufacrurers, separate correction images must be acquired for each radionuclide. The effec­
tiveness of a camera's correcrion circuirry and of the use of high-count flood correction 
images can be tested by acquiring a SPECT study of a large plastic jug filled with a well­
mixed solution of Tc 99m and examining the transverse images for ring artifacts. 

Camera Head Tilt 

The camera head or heads must be exactly parallel to the AOR. If they are not, a 
loss of spatial resolution and concrasc will result from our-of-slice activity being 
backprojecred inco each transverse image slice (Fig. 22-11). The loss of resolution 
and contrast in each transverse image slice will be less coward the cencer of rhe slice 
and greatest coward the edges of the image. If che axis of rorac.ion of the camera is 
aligned to be level when the camera is installed and rhere is a flat surface on the 
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FIGURE 22-11. Head t ilt. The camera head on t he left is parallel to the axis of rota­
tion (AOR), causing t he counts collected in a pixel of the projection image to be back­
projected into the same slice of the patient. The camera head (right) is tilted, caus­
ing counts from activity outside of a tra nsverse sl ice (lighter shading) to be 
backprojected into the transverse slice (darker shading) . • 

camera head that is parallel to the collimator face, a bubble level may be used co test 
for head tile. Some SPECT cameras require rhe head tile to be manually adjusted 
for each acquisition, whereas ocher systems sec it automatically. The accuracy of the 
automatic systems should be periodically reseed. A more reliable method than the 
bubble level is co place a point source in rhe camera FOV, centered in the axial (y) 
direction, bur near the edge of the field in the transverse (x) direcrion. A series of 
projection images is then acquired. If there is head tile, the position of the point 
source will vary in the y-direction from image co image. Proper head tilt is easily 
evaluated from cine viewing of the prujection images. 

SPECT Phantoms 

There are commercially available phantoms (Fig. 22-12) that may be filled with a 
solution ofTc 99m or other radionuclide and used to evaluate system performance. 

FIGURE 22-12. "Jaszczak" 
phantom for testing SPECT 
systems. (Courtesy of Data 
Spectrum Corp.) 
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TABLE 22-1. RECOMMENDED SCHEDULE FOR ROUTINE QUALITY CONTROL 
TESTING OF A SCINTILLATION CAMERA 

Test 

Set and check energy window(s) 

Cine review of projection images 
and/(!r review of sinogram (S)• 

Visual inspection of collimators 
for damage 

Extrinsic or intrinsic low-count 
uniformity images of all camera 
heads 

High count-density extrinsic or 
intrinsic uniformity images of 
all camera heads (S) 

Spatial resolution check with bar 
or hole pattern 

Center of rotation (S) 

Efficiency of each camera head 
Reconstructed cylindrical 

phantom uniformity (S) 
Point source reconstructed spatial 

resolution (S) 
Reconstructed SPECT phantom (S) 

Pixel size check 
Head tilt angle check (S) 
Extrinsic uniformity images of all 

coll imators not tested above 

Multienergy spatial registration 

Count rate performance 

Frequency 

Daily and before 
imaging different 
radionuclide 

After each clinical 
SPECT study 

Daily and when 
changing 
collimators 

Daily· 

1 or 2 weeks 

1 or 2 weeks 

1 or 2 weeks 

Quarterly 
Monthly 

Quarterly 

Quarterly 

Quarterly 
Quarterly 
Quarterly or 

semiannually 

Quarterly, 
semiannually, or 
annually 

Annually 

Notes 

Point source of radionuclide to be 
imaged 

Check for patient motion 

If new damage found, acquire a 
high-count uniformity image 

2 to 6 million counts, depending on 
effective area of camera head • 

30 million counts for 642 images and 
120 million counts for 1282 

Point or line source, as 
recommended by manufacturer 

Cylindrical phantom filled with 
Tc-99m solution 

Point source 

Using a phantom such as the one 
shown in Fig. 22-10 

Two point sources 
Bubble level or point source 
Planar source; high count density 

images of all collimators used for 
SPECT 

Ga-67 point sources 

Tc-99m source 

Note: The resu lts of these tests are to be compared with baseline values, typically determined during 
acceptance testing. If the manufacturer recommends additional tests or more frequent testing, the 
manufacturer's recommendations should take precedence. For tests whose frequencies are listed as "1 or 
2 weeks" or "quarterly or semiannually," it is recommended that the tests be performed initially at the 
higher frequency, but the frequency be reduced if the measured parameters prove stable. Tests labeled 
(S) need not be performed for cameras used only for planar imag ing. 
•A sinogram is an image containing projection data corresponding to a single t ransaxial image of the 
patient. Each row of pixels in the sinogram is the row, corresponding to that transaxial image, of one 
projection image. 
SPECT, single photon emission computed tomography. 
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These phantoms are very useful for the semiquantitative assessment of spatial reso­
lution, image contrast, and uniformity. They are used for acceptance testing of new 
systems and periodic testing, typically quarterly, thereafter. Table 22-1 provides a 
suggested schedule for a SPECT quality-control program. 

22.2 POSITRON EMISSION TOMOGRAPHY (PET) 

Positron emission tomography (PET) generates images depicting the distributions 
. of positron-emitting nuclides in patients. Figure 22:..13 shows a PET scanner. In the 
typical scanner, several rings of dereccors surround the _patient. PET scanners u~e . 
annihilation coincidence detection (ACD) instead of collimaricin: to obtain projec­
tions of the activity distribution in the subject. The 'PET system's computer theri 
reconstructs the transverse images from the projection data, as does the computer 
of an x-ray CT or SPECT system. Modern PET scanners are multislice devices, per­
mitting the simultaneous acquisition of as many as 45 slices over 16 cm of axial dis­
tance. Although there are many positron-emitting radiopharmaceuticals, the clini­
cal importance of PET today is largely due to its ability to image the 
radio pharmaceutical fluorine -18 fluorodeoxyglucose (FDG), a glucose analog used 
for differentiating malignant neoplasms from benign lesions, staging malignant 
neoplasms, differentiating severely hypoperfused but viable myocardium from scar, 
and other applications. 

FIGURE 22-13. A commercial PET scanner. (Courtesy of Siemens Medical Systems, Nuclear Med­
icine Group.) 
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Design and Principles Of Operation 

Annihilation Coincidence Detection 

Positron emission is a mode of radioactive transformation and was discussed in 
Chapter 18. Positrons emitted in matter lose most of their kinetic energy by caus­
ing ionization and excitation. When a positron has lose· most of its kinetic energy, 
it interacts with an electron by annihilation (Fig. 22-14, left) . The entire mass of th~. 
electron-positron pair is converted into two 511-ke V photons, which are -ernitted·fo . 
nearly opposite directions. In solids and liqu,ids, positrons travel orµyvery sli-0n dis~ 
ranees before annihilation. • • 

If both of these annihilation ph~tons interact with ·detector~, the atinihilation 
occurred close to the line connecting the two interactions (Fig. 22-14, right): Cir­
cuitry within the scanner identifies interactions occurring at nearly the same time, 
a process called annihilation coincidence detection (ACD). The circuitry of the 
scanner then determines the line in space connecting the locations of the two inter­
actions. Thus, ACD establishes the trajectories of detected photons, a function per­
formed by collimation in SPECT systems. H~wever, the ACD method is much less 
wasteful of photons than collimation. Additionally, ACD avoids the degradation of 
spatial resolution with distance from the detector that occurs when collimation is 
used to form projection images. 

True, Random, and Scatter Coincidences 

A true coincidence is the simultaneous interaction of emissions resulting from a sin­
gle nuclear transformation. A random coincidence (also called an accidental or chance 
coincidence), which mimics a true coincidence, occurs when emissions from differ­
ent nuclear transformations interact simultaneously with the detectors (Fig. 22-15). 
A scatter coincidence occurs when one or both of the photons from a single annihi­
lation are scattered, but both are detected (Fig. 22-15). A scatter coincidence is a 

511 keV 
photon 

positron 

Annihilation e-
--of positron 

and electron 

511 keV 
photon 

FIGURE 22-14. Annihilation coincidence detection (ACD). When a positron is emitted by 
a nuclear transformation, it scatters through matter losing energy. After it loses most of 
its energy, it annihilates with an electron, resulting in two 511-keV photons that are emit­
ted in nearly opposite directions (left). When two interactions are simultaneously 
detected Within a ring of detectors surrounding the patient (right). it is assumed that an 
annihilation occurred on the line connecting the interactions. Thus, ACD, by determining 
the path of the detected photons, performs the same function for the PET scanner as 
does the collimator of a scintillation camera. 
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FIGURE ·2.2-15. True coincidence (left), scatter coincidence (center), and random 
(accidental) coincidence (right). A scatter coincidence is a true c.oincider,ce, because 
it is caused by a single nuclear transformation, bu't results in a count attributed to 
the wrong line-of-response (dashed line). The random coincidence is also attributed 
to the wrong line of response. 

true coincidence, because both interactions result from a single positron annihila­
tion. Random coincidences and scatter coincidences result in misplaced coinci­
dences, because they are assigned co lines of response that do not intersect the actual 
locations of the annihilations. They are therefore sources of noise, whose main effect 
is to reduce image contrast. 

Design of a PET Scanner 

Scintillation crystals coupled to photomultiplier tubes (PMTs) are used as detectors 
in PET; the low intrinsic efficiencies of gas-filled and semiconductor detecrors for 
detecting 511-keV photons make them impractical for use in PET. The signals from 
the PMTs are processed using pulse mode (the signals from each inceraccion are 
processed separately from chose of ocher interactions) to create signals identifying 
the position, deposited energy, and time of each interaction. The energy signal is 
u ed for energy discrimination to reduce mispositioned events due to scatter and 
the time signal is used for coincidence detection. 

In early PET scanners, each scinciUacion cryscaJ was coupled to a single PMT. 
In chis design, the size of rhe individual crystal largely determined the spacial res­
olution of the system; reducing the size (and therefore increasing the number of 
crystals) improved the resolution. It became increasingly costly and impractical co 
pack more and more smaller PMTs into each detector ring. Modem designs cou­
ple larger crystals to more than one PMT; one such design is shown in Fig. 22-
16. The relative magnitudes of the signals from the PMTs coupled co a single 
crystal are used co determine the position of the inreraccion in the crystal, as in a 
scintillation camera. 

The scintillation material must emit light very promptly to permit true coinci­
dent interactions to be distinguished from random coincidences and to minimize 
dead-cime count losses ac high interaction rates. Also, to maximize the counting 
efficiency, the material must have a high linear attenuation coefficient for 511-keV 
photons. Most PET systems roday use crystals of bismuth germanate (Bi4Ge3O12, 
abbreviated BGO). The light output of BGO is only 12% to 14% of that of 
Nal(Tl), but its greater density and average atomic number give it a much higher 
efficiency in detecting 511-keV annihilation photorn. Light is emitted rather slowly 
from BGO (decay constant of 300 nsec), which contributes to dead-time count 
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FIGURE 22-16. A technique for coupling scintillation crystals t o photomultiplier 
tubes (PMTs). The relative heights of the pulses from the four PMTs are used to 
determine the positi_on of each interaction in the crysta l. The th ick (3 cm) crysta l is 
necessary to provide reasonable detection efficiency for the 511 -keV ann ihilation 
photons. The slits cut in the bismuth germanate crystal form light pipes, limiting the 
spread of light from interactions in the front portion of the crysta l, which otherwise 
would reduce the spatial resolution. This design permits four PMTs t o serve 64 detec­
tor elements. 

losses and random coincidences at high interaccion rates. Several new inorganic 
scincillacors are being investigated as possible replacements for BGO. Two of che 
most promising of these are lutetium oxyorthosilicate (Lu2Si040, abbreviated 
LSO) and gadolinium oxyorthosilicare (Gd2Si040, abbreviated GSO), both acti­
vaced wich cerium. Their anenuation properties are nearly as favorable as those of 
BGO and their much faster lighc emission produces bener performance at high 
interaction rares, especially in reducing dead-time effects and in discriminating 
between true and random coincidences. Their higher conversion efficiencies may 
produce improved intrinsic spatial resolucion and rejection of scatter. A di advan­
tage of LSO is chat ir is slighdy radioactive; about 2.6% of naturally occurring 
lutetium is radioactive Lu 176, which has a half-life of 38 billion years, producing 
about 295 nuclear cransformacions per second in each cubic centimeter of LSO. 
NaI(Tl) is used as the scintillator in some less expensive PET systems. The proper­
ties of BGO, LSO(Ce), and GSO(Ce) are contrasted with those of aI(Tl) in Table 
22-2. 

The energy signals from the detectors are sent to energy discrimination circuits, 
which can reject events in which the deposited energy differ significantly &om 511 
keV co reduce the effect of phocon scattering in the patient. However, some anni­
hilation photons chat have escaped che patient without scattering inceract with the 
detectors by Compton scarrering, depositing less than 511 keV. An energy discrim­
ination window that encompasses only the photopeak rejects these valid inr_erac­
cions as wdl as phocons that have scanered in the patient. The energy window can 
be set to encompass only the photopeak with maximal rejection of scatter, but also 
reducing the number of valid imeracri.ons detected; or the window can include part 
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TABLE 22-2. PROPERTIES OF SEVERAL INORGANIC SCINTILLATORS OF 
INTEREST IN PET 

Decay Peak Attenuation Conversion 
constant wavelength Atomic Density coefficient efficiency 

Scintillator (nsec) (nm) numbers (g/cm3) 511 keV (cm-1) relative to Nal 

Nal(TI) 230 415 11,53 3.67 0.343 100% 
BGO 300 460 83,32,8· 7.17 0.964 12-14% 
GSO(Ce) 56 430 64, 14,8 6.71 0.704 41% 
LSO(Ce) 40 420 71, 14,8 ' 7.4 0,870 7S,% .. • 

Decay constants, peak wavelengths of emitted light. densities, ancl conversion efficlendes of BGO, GSO, 
and LSO from Ficke DC, Hood JT, Ter-Pogossian MM. A spheroid positron emissi.on tomograph for brain 
imaging: a feasibility study. J Nucl Med 1996;37:1222. • • 
BGO, bismuth germanate; GSO, gadolinium oxyorthosilicate; LSO, lutetium oxyorthosilicate; PET, positron 
emission tomography. 

of the Compton concinuum, increasing the sensitivity, but also increasing the num­
ber of scattered photons detected. 

The time signals of interactions not rejected by the energy discrimination cir­
cuits are used for coincidence detection. When a coincidence is detected, the cir­
cuirry or compurer of the scanner determines a Llne in space connecting the two 
inceractions (Fig. 22- 14). This is called a line of reponse. The number of coinci­
dences detected along each line of response is scored in the memory of the com­
puter. Figure 22-17 compares che acquisition of projection data by SPECT and 
PET systems. Once data acquisition is complete the computer uses che projection 
data co produce transverse images of the radionuclide distribution in the patient, as 
in x-ray CT or SPECT. 

.. •··· 

' , .. 
~ 
i 

SPECT / 
camera head --···· 

FIGURE 22-17. Acquisition of projection data by a SPECT system 
(left) and a PET system (right), showing how each system collects 
data for two projections. However, the PET system collects data for all 
projections simultaneously, whereas the scintillation camera head of 
the SPECT system must move to collect data from each projection 
angle. 
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Timing of Interactions and Detection of Coincidences 

To detect coincidences, the times of individual interactions must be compared. 
However, interactions themselves cannot be directly detected; instead, the signals 
caused by interactions are detected. In scintillators, the emission of light after an 
interaction is characterized by a relatively rapid increase in intensity followed by a 
more gradual decrease. A timing circuit connected to each detector must designate 
one moment that follows each interaction by a constant time interval. The time sig­
nal is determined from the leading edge of the electrical signal from che _PMTs con­
nected to a detector crystal because the lead:ing edge is steeper than _the.trailing edge: 
"When the time signals from two de.tectors· occur within a selected time interval 
called the time window, a coincidence is recorded. A typi~ time window for a sys- • 
tern with BGO detectors is 12 nsec. 

True Versus Random Coincidences 

The rate of random coincidences between any pair of detectors is 

R,andom = 2't S152 [22-1] 

where 't is the coincidence time window and S1 and 52 are the actual count rates of 
the detectors, often called singles rates. The time window is the time interval fol­
lowing an interaction in one detector in which an interaction in the other detector 
is considered to be a coincidence. The ratio of random to true coincidences 
increases with increasing activity in the subject and decreases as the time window is 
shortened. Unfortunately, there is a limit to how small the time window can be. If 
the time window is made too short, some true coincidences are also rejected because 
of imprecision in the timing of interactions. Scintillation materials that emit light 
promptly permit the use of shorter time windows and thus better discrimination 
between true and random coincidences. 

Although individual random coincidences cannot be distinguished from true 
coincidences, methods of correction are available. The number of random coinci­
dences along each line of response can be measured by adding a time delay to one 
of the two timing signals used for coincidence detection so that no true coinci­
dences are detected. Alternatively, the number of random coincidences may be cal­
culated from the single-event count rates of the detectors, using Equation 22-1 . The 
number of random coincidences is then subtracted from the number of true plus 
random coincidences. 

Scatter Coincidences 

As previously mentioned, a scatter coincidence occurs when one or both of the pho­
tons from an annihilation are scattered in the patient and both are detected (Fig. 
22-15). The fraction of scatter coincidences is dependent on the amount of scatter­
ing material and thus is less in head than body imaging. Because scatter coinci­
dences are true coincidences, reducing the activity administered to the patient, 
reducing the time window, or using a scintillator with faster light emission does not 
reduce the scatter coincidence fraction. Furthermore, the corrections for random 
coincidences do not compensate for scatter coincidences. The energy discrimina­
tion circuits of the PET scanner reject some scatter coincidences. Unfortunately, the 
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relatively low conversion efficiency (Table 22-2) of BGO produces poor energy res­
olution, limiting the ability of energy discrimination to reject scatter. The fraction 
of scatter coincidences can also be reduced by two-dimensional data acquisition and 
axial collimation, as described in the following section. Approximate methods are 
available for scatter correction. 

Two- and Three-Dimensional Data Acquisition 

In two-dimensional (slice) data acquisition, coincidences are detected and recorded ; 
within each detector ring or small groups of adjacent detector rings. PET scanners -
designed for two~dimensional acquisition have thin annular collimators, • typically 
made of tungsten, to prevent most radiation emitted by activity outside a transax~ 
ial slice from reaching the detector ring for that slice (Fig. 22-18). The fraction of 
scatter coincidences is greatly reduced in PET systems using two-dimensional data 
acquisition and axial collimation because of the geometry. Consider an annihilation 
occurring within a particular detector ring with the initial trajectories of the anni­
hilation photons toward the detectors. If either of the photons scatters, it is likely 
that the new trajectory of the photon will cause it to miss the detector ring, thereby 

) preventing a scatter coincidence. Furthermore, most photons from out-of-slice 
activity are absorbed by the axial collimators. 

In two-dimensional data acquisition, coincidences within one or more pairs of 
adjacent detector rings may be added to improve the sensitivity (Fig. 22-19). The 
data from each pair of detector rings are added to that of the slice midway between 
the two rings. For example, if N is the number of a particular detector ring, coinci­
dences between rings N - I and N + I are added to the projection data for ring N. 
For further sensitivity, coincidences between rings N - 2 and N + 2 can also be 
added to those of ring N. After the data from these pairs of detector rings are added, 
a standard two-dimensional reconstruction is performed to create a transverse image 
for this slice. Similarly, coincidences between two immediately adjacent detector 
rings, i.e. , between rings N and N + I , can be used to generate a transverse image 

• 
FIGURE 22-18. Side view of PET scanner illustrating two­
dimensional data acquisition. The collimator rings prevent 
photons from activity outside the field of view (A) and most 
scattered photons (B) from causing counts in the detectors. 
However, many valid photon pairs (C) are also absorbed. 
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Detector elements 

I Septal collimator 
rings 

FIGURE 22-19. Side view of PET scanner per­
_forrriing two-dimen.sional data acquisition, 
showing lines of response for ,a single slice. 
Cross-ring coincidences have been added to 
those occurring within the ring of detector ele­
ments. This increases the number of coinci­
dences detected, but causes a slight loss of axial 
spatial resolution that increases with distance 
from the.axis of the scanner. 

halfway between these rings. For greater sensitivity, coincidences between rings N -
1 and N + 2 can be added to these data. However, increasing the number of adja­
cent rings used in two-dimensional acquisition reduces the axial spatial resolution. 

In three-dimensional (volume) data acquisition, axial collimators are not used 
and coincidences are detected· between many or all detector rings (Fig. 22-20). 
Three-dimensional acquisition greatly increases the number of true coincidences 
detected and may permit smaller activities to be administered to patients. There are 
disadvantages to three-dimensional data acquisition. For the same administered 
activity, the greatly increased interaction rate increases the random coincidence frac­
tion and the dead-time count losses. Thus, three-dimensional acquisition may 

Septal collimator 
rings removed 

FIGURE 22-20. Side view of PET scanner illustrating three­
dimensional data acquisition. Without axial collimator rings, 
interactions from activity outside the field of view (A) and 
scattered photons (B) are greatly increased, increasing the 
dead time, random coincidence fraction, and scatter coinci­
dence fraction. However, the number of valid photon pairs 
(C) detected is also greatly increased. 
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require less activity co be administered, compared ro two-dimensional image acqui­
sition. Furthermore, the scatter coincidence fraction is much larger and the num­
ber of interactions from activity outside the FOV is greatly increased. (Activity out 
of the FOV causes few true coincidences, bur increases the race of random coinci­
dences detected and dead-time coum losses.) Thus, three-dimensional acquisition is 
likely co be most useful in low-scarcer srudies, such as pediatric and brain srudies, 
and low-activity studies. Some PET systems are equipped with retractable axial col­
limacors, permitting them to perform two- or tb~ee-dim~nsional acquisiuop, 

Transverse Image Reconstruction 

Afrer rhe projection data are acquired, the data for each line of response is corrected 
for random coincidences, scarcer coincidences, dead-time count losses, and attenu­
ation (described below). Following these corrections, transverse image reconstruc­
tion is performed. For two-dimensional data acquisition, image reconstruction 
methods are similar to those used in SPECT. As in SPECT, either filtered backpro­
jection or iterative reconstruction methods can be used. For three-dimensional data 
acquisition, special three-dimensional analytic or iterative reconstruction methods 
are required. These are beyond the scope of this chapter, but are discussed in the 
suggested readings listed ar che end of the chapter. 

An advancage of PET over SPECT is that, in PET, the correction for nonuni­
form attenuation can be applied ·co the projection data before reconstruction. In 
SPECT, the correction for nonuniform attenuation is intertwined with and com­
plicates the reconstruction process. 

Performance 

Spatial Resolution 

Modern whole-body PET systems achieve a spatial resolution slightly better than 5 
mm FWHM of the line spread function (LSF) in the center of the deteetor ring 
when measured by the NEMA standard, Pe1formance Measurements of Positron 
Emission Tomographs. There are three factors char primarily Limit the spatial resolu­
tion of PET scanners: {a) the intrinsic spatial resolution of the detectors, (b) the dis­
tance traveled by the positrons before annihilation, and (c) the facr that the annihi­
lation photons are not emitted in exactly opposite directions from each other. The 
intrinsic resolution of the detectors is che major factor determining the resolution 
in current scanners. In older systems in which the detectors consisted of separate 
crystals each attached to a single PMT, the size of the crystals determined the reso-
1 ution. 

The spacial resolution of a PET system is best in the center of the detector ring 
and decreases slightly (FWHM increases) with distance from the center. This occurs 
because of the considerable thickness of che detectors and because current PET sys­
tems cannot determine the depth in the crystal where an inceraccion occurs. Uncer­
tainty in the depth of interaction causes uncertainty in the Line of response for anni­
hilation photons that strike the detectors obliquely. Photons emitted from the 
center of the detector ring can only strike the deceecors head-on, but many of the 
photons emitted from accivicy away from the center strike the detectors from 
oblique angles (Fig. 22-21). 

'· .. 
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FIGURE 22-21. The cause of reduced spatial resolu­
tion wit h distance from the center of _a PET scanner . . 
Only three crystal segments in the ·dete~_or ring are 
shown. For coinddent inter;ictions in detectors A ar19 
B, there is . little uncertainty i.n the line-of-resp_onse. 
When coincidences occur in detectors A and C, there is 
greater uncertainty in the line of -respons€. Using thin­
ner crystals would reduce this effect, but would also· 
reduce their intrinsic detection efficiency and thus the 
fraction of coincidences detected. 

The distance traveled by the positron before annihilation also degrades the spa­
tial resolution. This distance is determined by the maximal positron energy of the 
radionuclide and the density of the tissue. A radionuclide that emits lower energy 
positrons yields superior resolution. Table 22-3 lists the maximal energies of 
positrons emitted by radionuclides commonly used in PET. Activity in denser tis­
sue yields higher resolution than activity in less dense tissue. 

Although positrons lose nearly all of their momentum before annihilation, the 
positron and electron possess some residual momentum when they annihilate. Con­
servation of momentum predicts that the resultant photons will not be emitted in 
exactly opposite directions. This causes a small loss of resolution, which increases 
with the diameter of the detector ring. 

The spatial resolution of a PET scanner, in clinical use, is likely to be somewhat 
worse than that measured using the NEMA protocol. The NEMA protocol speci­
fies filtered backprojection reconstruction using a ramp filter, which provides no 
smoothing. Clinical projection data contains considerable statistical noise, requir­
ing the use of a filter providing smoothing, which in turn degrades spatial resolu­
tion. 

TABLE 22-3. PROPERTIES OF POSITRON-EMITTING RADIONUCLIDES 
COMMONLY USED IN PET 

Half-life 
Nuclide (minutes) 

C-11 20.5 
N-13 10.0 
0-15 2.0 
F-18 110 
Rb-82 1.2 

Maximal positron 
energy (keV) 

960 
1,198 
1,732 

634 
3,356 

Notes 

Most common use is 18F-fluorodeoxyglucose 
Produced by Sr-82/Rb-82 generator 
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□ 
Detector 

FIGURE 22-22. Point source of positron-emitting 
radionuclide, in air, midway between two identical 
detectors. 

Efficiency in Annihilation Coincidence Detection 

Consider a point source of a positron-emitting radionuclide in alr midw~y between 
two identical detectors (Fig. 22-22) and assume that all positrons annihilate within 
the source. The true coincidence rate of the pair of detectors is 

Rr= 2AGE2 [22-2] 

where A is the activity of the source, G is the geometric efficiep.cy of either detector, 
and Eis the intrinsic efficiency of either detector. (Geometric and intrinsic efficiency 
are defined in Chapter 20.) Because the rate of true coincidences detected is propor­
tional to the square of the intrinsic efficiency, maximizing the intrinsic efficiency is 
very important in PET. For example, if the intrinsic efficiency of a single detector for 
a 511-keV photon is 0.9, 81 % of the annihilation photon pairs emitted toward the 
detectors have coincident interactions. However, if the intrinsic efficiency of a single 
detector is 0.1, only 1 % of pairs emitted toward the detectors has· coincident interac­
tions. As mentioned previously, most PET systems today use crystals ofBGO, because 
of its high attenuation coefficient. These crystals are typically about 3 cm thick. As 
mentioned above (see Two and Three Dimensional Data Acquisition), increasing the 
axial acceptance angle of annihilation photons greatly increases the efficiency. 

Attenuation and Attenuation Correction in PET 

Attenuation in PET differs from attenuation in SPECT, because both annihilation 
photons must escape the patient to cause a coincident event to be registered. The 
probability of both photons escaping the patient without interaction is the product 
of the probabilities of each escaping: 

(e-1-1-') . (e-µ(d-x)) = e-µd [22-3] 

where d is the total path length through the patient, x is the distance one photon 
must travel to escape, and (d- x) is the distance the other must travel to escape (Fig. 
22-23). Thus, the probability of both escaping the patient without interaction is 
independent of where on the line the annihilation occurred and is the same as the 
probability of a single 511-ke V photon passing entirely through the patient along 
the same path. (Equation 22-3 was derived for the case of uniform attenuation, but 
this principle is valid for nonuniform attenuation as well.) 

Even though the attenuation coefficient for 511-ke V annihilation photons in 
soft tissue (µ/p = 0.095 cm2/g) is lower than those of photons emitted by most 
radionuclides used in SPECT (µ/p = 0.15 cm2/g for 140-keV gamma rays), the 
average path length for both to escape is much longer. For a 20-cm path in soft tis­
sue, the chance of both annihilation photons of a pair escaping the tissue without 
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Patient FIGURE 22-23. Attenuation 
in PET. The . probability that 
both annihilation photons 
emitted along a particular 
line of response (LOR) escape 
interaction in the patient is 
independent of the position 
on the LOR where the annihi­
lation occurred. 

interaction is only about 15%. Thus, attenuation is more severe in PET than 
SPECT. The vast majority of the interactions with tissue are Compton scattering. 
Attenuation causes a loss of information and, because the loss is not the same for all 
lines of response, causes artifacts in the reconstructed transverse images. The loss of 
information also contributes to the statistical noise in the images. 

As in SPECT, both approximate methods and methods using radioactive 
sources to measure the attenuation are used for attenuation correction in PET. Most 
of the approximate methods use a profile of the patient and assume a uniform atten­
uation coefficient within the profile. 

Some PET systems provide one or more retractable positron-emitting sources 
inside the detector ring between the detectors and the patient to measure the trans­
mission of annihilation photons from the sources through the patient. As men­
tioned above, the probability that a single annihilation photon from a source will 
pass through the patient without interaction is the same as the probability that both 
photons from an annihilation in the patient traveling along the same path through 
the patient will escape interaction. These sources are usually configured as rods and 
are parallel to the axis of the scanner (Fig. 22-24). The sources revolve around the 
patient so that attenuation is measured along all lines of response through the 
patient. These sources usually contain Ge 68, which has a half-life of 288 days and 
decays to Ga 68, which primarily decays by positron emission. Alternatively, a 
source containing a gamma-ray-emitting radionuclide, such as Cs 137 (662-keV 
gamma ray), can be used for attenuation measurements instead of a positron-emit­
ting radionuclide source. When a gamma-ray-emitting radionuclide is used .to mea­
sure the attenuation, the known position of the source and the location where a 
gamma ray is detected together determine a line of response for that interaction. In 
either case, the transmission data acquired using the external sources are used to cor­
rect the emission data for attenuation prior to transverse image reconstruction. 

As in SPECT, the transmission data can be obtained before the PET radio­
pharmaceutical is administered to the patient, or can be obtained during emission 

( 
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FIGURE 22-24. Rod source for attenuation cor­
rection in a dedicated PET system. 

imaging. Obtaining the transmission dara before the PET radiopharmaceut.ical is 
administered to the patient obviates the problem of distinguishing photons emitted 
by transmission source from those emitted by the radiopharmaceutical. On the 
other hand, if the transmission data is acquired well before che emission daca, it may 
be difficult co adequately align che cwo data secs in space. For chis reason, the trans­
mission data is o&en acquired du.ring the acquisition of the emission data. 

There are limitations and disadvantages to attenuation correction from trans­
mission measurements. Attenuation correction cannot compensate for the increased 
statistical noise caused by . attenuation. Furthermore, attenuation correction 
increases the imaging time, although only slightly if performed during emission 
image acquisition; slightly increases the radiation dose co the patient; and increases 
the statistical noise in the images. Also, spacial rnisregiscration between the attenu­
ation map and the emission dara, most often caused by patient motion, can cause 
significant arrifaccs. Actenuat.ion correction may reduce the sensitivity of some clin­
ical studies. Attenuation correction may nor be necessary for all PET procedures 
and, for some procedures in which ic is performed, the interpreting physician 
should review the uncorrected recousuucted images as well. 

Alternatives to Dedicated PET Systems-SPECT with High­
Energy Collimators and Multihead SPECT Cameras with 
Coincidence Detection Capability 

Some nuclear medicine deparcmenrs may wish to image positron-emitting radio­
pharmaceuticals, but lack sufficient demand to justify a dedicated PET scanner. 
Posicron-emiccing radiopharmaceucicals also can be imaged using standard scintilla­
tion cameras wich ulcra-high-energy collimators or multihead SPECT cameras with 
coincidence detection capabiliry. 

Some scincillacion cameras are capable of performing planar imaging and SPECT 
of positron emitters using collimarors designed for 511-keV photons. These collima­
tors have very thick septa and have very low collimator efficiencies. Despite che chide 
septa, the images produced suffer from considerable sepcal peneuation. AJso, the thick 
septa produce collimator pattern artifacts in che images. However, attenuation by the 
patient is much less significant than in coincidence imaging. T he ganuies of such 
cameras must be able to support very heavy camera heads, because of the weight of 
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511-keV collimators and because the camera heads must contain adequate shielding 
for 511-keV photons from outside the field of view. 

Double- and triple-head SPECT cameras wich coincidence detection capabil­
ity are commercially available. These cameras have planar Nal(TI) crystals coupled 
to PMTs. With standard nuclear medicine collimators mounted, they function as 
standard scintillation cameras and can perform planar nuclear medicine imaging 
and SPECT. With the collimators removed or replaced by axial collimacors, they 
can perform coincidence imaging of positron-emitting radicipharrnaceuricals .. 

When used for coincidence imaging, these cameras provide spatial r~s~ludon 
similar to that of a dedicated PET system. However, in comparison to. a dedicated 
PET system, they detect a much lower number of true coin-cidences. The smaller 
attenuation coefficient of sodium iodide and the limited crystal thickness limits the 
intrinsic efficiency of each detector. For example, the photopeak efficiency of a 0.95 
cm (3/s inch) thick Nal(Tl) crystal for annihilation photons is about 12% (see Chap­
ter 21, Fig. 21-9). The fraction of annihilation photon pairs incident on a pair of 
detectors that yields true coincidences is equal to the square of the photopeak effi­
ciency (assuming that only photopeak-photopeak coincidences are registered). 
Thus, for 0.95-cm thick crystals, only about 1.5% of annihilation photon pairs 
reaching the detectors are registered as true coincidences. For this reason, many 
such cameras have thicker Nal crystals than standard scintillation cameras, with 
thicknesses ranging from 1.27 to 2.5 cm (½ to 1 inch). Even modest increases in 
crystal thickness significantly improve the number of true coincidences detected. 
However, even with thicker crystals, the coincidence detection sensitivities of mul­
tihead scintillation cameras with coincidence circuitry are much lower than those of 
dedicated PET systems. The lower coincidence detection sensitivity causes more 
statistical noise in the images than in images from a dedicated PET system. Fur­
thermore, the low coincidence detection sensitivity forces the use of measures, such 
as wide spacing of axial septa in two-dimensional acquisition or three-dimensional 
acquisition and wide energy discrimination windows, to obtain adequate numbers 
of true coincidences. These measures increase the scatter coincidence fraction, pro­
ducing images of lower contrast than a dedicated PET system. Both the greater 
noise due to fewer coincidences and the reduced contrast due to the higher scatter 
coincidence fraction limit the ability to detect small lesions in the patient, in com­
parison to a dedicated PET system. When these cameras are used with collimators 
as standard scintillation cameras, their thicker crystals produce slightly worse intrin­
sic spatial resolution for lower energy photons, such as those emitted by Tc 99m 
and Tl 20 I, but have little effect on the system spatial resolution. 

Some manufacturers provide two-dimensional data acquisition, whereas others 
provide three-dimensional acquisition (described earlier in this chapter). The cam­
eras using two-dimensional data acquisition are provided with axial collimators to 
reduce the singles rates from out-of-slice activity and to reduce the fraction of scat­
ter coincidences. 

Because these cameras are either uncollimated or used with axial collimators 
when performing coincidence imaging, they are subject to very high interaction 
rates and must have very fast electronics. Because such a system has only two or 
three detectors (scintillation camera heads) instead of the hundreds of det:ectors in 
a dedicated PET system, its performance suffers more from dead-time count losses. 

Although many interactions from lower energy photons are rejected by the 
energy discrimination circuits of the camera, they still cause dead-time count losses 
and can interfere with the determination of the energies and positions of interactions. 
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Some cameras are equipped with filters, between the crystal and the axial collimator 
in two-dimensional mode and in place of the collimator in three-dimensional mode, 
to preferentially absorb low-energy phomns. These filters typically have several layers, 
such as lead, tin, and copper, with me atomic numbers of th:e layers decreasing coward 
the crystal co arteouate characteristic x-rays from me higher acomic number layers. 

Clinical experience is accumulating reg;,irding the ucilicy of imaging F-18 FDG 
using scimillacion cameras wim either 511-keV collimarors or coincidence decec­
cion capabilicy. Ir appears mac SPECT with high-en~gy collimators is ·accept:able 
for, me determination of myocardial viability, although less.accurate than a <;i.edi-: 
cated PET system. However, attenuation artifacts pose a problem in ·determining 
myocardial viability by coincidence imaging with a scintillation t.a.mera and accu­
rate attenuation correction may be necessary for this application. 

F-18 FDG imaging with high-energy collimators does not appear to be accept­
able for brain imaging or for the evaluation and staging of neoplasms, because of its 
limited efficiency and spatial resolution. On the ocher hand, coincidence imaging 
with a scintillation camera may be useful for the detection and staging of neo­
plasms, but is less sensitive than a dedicated PET system, parti"cularly for detecting 
smaller tumors. The images from coincidence imaging with a scintillation camera 
suffer from more statistical noise and have less contrast than those from a dedicated 
PET system. Coincidence imaging with scincillacion cameras for oncologic applica­
tions is likely co be more effective in imaging the head, neck, and thorax, where the 
effects of attenuation and scattering are Jess severe than in the abdomen and pelvis. 

Economical Dedicated PET Systems 

Several vendors have developed dedicated PET systems that are less expensive than 
PET systems with full rings of BGO detectors, but that provide much better coinci­
dence detection sensitivity than double-head scintillation camera coincidence systems. 
One such design consists of six scationary uncolli.mated scincillacion cameras, each 
with a curved 2.5 cm chick NaI(Tl) crystal, surrounding the parienc (Fig. 22-25, lefr). 

crystal, PMTs 
not shown 

Arc of 
BGO 

crystals"-

' 
Rotation 

of 

FIGURE 22-25. Less expensive dedicated PET systems. Left: Th is system consists of six scintillation 
cameras, each with a curved 2.5 cm thick Nal{TI) crystal, facing t he patient. The camera heads are 
stationary. Right: This system consists of two opposed arcs of BGO detectors, of the type shown in 
Fig. 22-14, facing the patient. To obtain projection data from all lines of response, the detectors 
revolve around the patient. 
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A system provided by another vendor consists of two opposed arcs of BGO detectors 
(Fig. 22-25, righ.t). To obtain projection data over a full 180 degrees around the 
patient, the detectors revolve about the patient. Both systems use coincidence detec­
tion in lieu of collimation to obtain projection data. 

Comparison of SPECT and PET 

In single photon emission imaging, the spatial resolution and the detectioh effi- ' 
ciency are primarily determined by the collimatdr. Both are uldmately liqiited by 
the compromise between collimator efficiency and collirnarnr ~patial resolution 
that is a consequence of collimated image formation. It 'is the ~lSe of ah.nibilati n 
coincidence detection instead of collimation that makes the PET scanner much 
more efficient than the scintillation camera and also yields its superior spatial res­
olution. 

In systems cbac use collimation co form images, the spatial resolution rapidly 
deteriorates wicb distance from the face of the imaging device. This causes the spa­
tial resolution to deteriorate from the edge to the center in transverse SPECT 
images. In contrast, the spatial _resolution in a transverse PET image is best in the 
center. Table 22-4 compares SPECT and PET systems. 

TABLE 22-4. COMPARISON OF SPECT AND PET 

Principle of 
projection data 
collection 

Transverse image 
reconstruction 

Radionuclides 

Spatial resolution 

Attenuation 

Cost 

SPECT 

Collimation 

Filtered backprojection or iterative 
methods 

Any emitting x-rays, gamma rays, 
or annihilation photons; optimal 
performance for photon energies 
of 100 to 200 keV. 

Depends on collimator and camera 
orbit 

Within a transaxial image, the 
resolution in the radial direction 
is relatively uniform, but the 
tangential resolution is degraded 
toward the center 

Typically about 10-mm FWHM at 
center for a 30-cm diameter orbit 
and Tc-99m (NEMA protocol) 

Larger camera orbits produce worse 
resolution 

Attenuation less severe 
Attenuation correction sources 

available, but utility not yet 
established 

Typically $500,000 for a double-head, 
variable-angle camera 

FWHM, full width at half maximum. 

PET 

Annihilation coincidence detection 

Filtered backprojection or iterative 
methods 

Positron emitters only 

Relatively constant across transaxial 
image, best at center 

Typically 4.5 to 5 mm FWHM at 
center (NEMA protocol) 

Attenuation more severe 
However, accurate attenuation 

correction is possible, with a 
transmission source 

$1,000,000 to $2,000,000 
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Factors Affecting the Availability Of PET 

The main factors limiting the availability of PET are the relatively high cost of a 
dedicated PET scanner and, in many areas of the country, the lack of loaµ sources 
of F 18 FOG. However, cyclotron-equipped commercial radiopbarrnacies are now 
locaced in many major metropolitan areas. Mulcihead SPECT cameras wich coinci­
dence circuitry and SPECT cameras wirh high-energy collimators provide less 
expensive, although less accurate, alternatives for imaging FDG. PET imaging usi_ng 
FDG has become routine at many major medical centers,. 

Combined PETIX-Ray CT and SPECT/Coincidence lmaging/X-. 
Ray CT Systems 

PET imaging, particularly in oncologic applications, often reveals suspicious 
lesions, but provides little information. regarding their exacc locations in the organs 
of the patients. In such situations, co-registration of the PET images with images 
from another modality, such as x-ray CT or magnetic resonance imaging (MRI), 
that provides good depiction of anatomy, can be very useful. However, this usually 
requires moving the patient from the PET syscem co the CT or MRI system and, 
once the patient has been moved, it is very difficult to accurately align the PET data 
with cl1e CT or MRI data. To solve chis problem, systems have been developed chat 
incorporate a PET system and a conventional x-ray CT sy tern in a single gantry. 
The patient lies on a bed char passes through the bores of boch systems. A series of 
CT images is acquired over the same section of the patient as the PET scan, either 
before or after the PET image acquisition. Because the bed moves in the axial direc­
tion, but the patient lies still on the bed, each CT image slice corresponds to a trans­
verse PET image, permitting accurate co-registracion. Furthermore, the x-ray CT 
information can be used to provide attenuation correction of the PET information. 
In the co-registered images, the PET information is usually superimposed in color 
on gray-scale CT images. 

One manufacturer provides a gancry containing cwo scintillation camera heads 
and a simple x-ray CT machine. The scintillation camera heads can be used for 
SPECT imaging of conventional radiopharmaceuticals and, when placed in the 
180-degree orieocacion, for coincidence imaging of ppsitron-emitting rad.iophar­
maceucicals. The x-ray CT device provides CT image data for image co-regiscration 
and for attenuation correction. 
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